Design, Control, and Perception of Bionic Legs and Exoskeletons by Azocar, Alejandro




A dissertation submitted in partial fulfillment
of the requirements for the degree of
Doctor of Philosophy
(Mechanical Engineering)
in the University of Michigan
2020
Doctoral Committee:
Assistant Professor Elliott J. Rouse, Chair
Associate Professor Robert D. Gregg
Dr. Luke M. Mooney, Dephy, Inc.





© Alejandro Francisco Azocar 2020
Para Aby y Tio Hector. Los quiero mucho.
ii
Acknowledgments
I am eternally grateful for getting to work with Elliott Rouse over the past 5 years. Thank you for
guiding me when I needed it and for stepping back when you knew I could handle it, for pushing
me when I didn’t want to be pushed, for giving me opportunities to lead, for the experience of
living in 3 new cities, for letting me vacation all over the world (and present at conferences on the
side), for letting me use the faculty coffee maker, and for trusting me to leave for X.
A special thank you to Todd Kuiken, who co-advised me at Northwestern with Elliott. You saw
something in a young aerospace engineer eager for a career change, and welcomed me with open
arms. You were the first to give me confidence that I could be successful in this field.
Thank you to the rest of my committee members—Luke Mooney, Robert Gregg, and Rama-
narayan Vasudevan—for helping me wrap up this dissertation in spite of everything that’s going
on in the world. Luke, your involvement has been key in much of my work, and I appreciate all
the late night and weekend debugging you’ve helped me do, especially over the last few months.
Bobby, you’ve been an incredible source of support since we met at RehabWeek in London (I still
can’t believe how much you love fish and chips), and our career conversations have meant a lot to
me. Ram, you have given me a newfound appreciation for math and its applications (loved your
self-driving cars class), and I hope to grow into a better mathematician throughout my career.
To my past and present labmates in the Neurobionics Lab and the Center for Bionic Medicine:
none of this would be possible without you, especially Yves Nazon, Max Shepherd, Kim Ingraham,
Ung Hee Lee, Tyler Clites, and Hashim Quraishi. You kept me sane, entertained, and gave me an
environment I looked forward to working in every day (and night). Yves, thank you for taking
the plunge to move to Michigan with me. You’ve been there since the beginning, hyping me up,
traveling, living together, and have been one the best friends anyone could ever ask for. I want to
be like you when I grow up.
iii
Working with the Highlands Team over the last 16 months has been an incredible privilege.
Thank you Kathryn Zealand for bringing me on for a 3 month internship, and then for convincing
me to stay. Thank you for valuing my opinion, letting me take the lead, and giving me so many
opportunities for growth. Working at X has been a culmination of all my Ph.D. experiences, where
all the pieces have finally come together. P.S. Thank you for finally getting me into whiskey.
Most importantly, I want to thank the Azocar Lab. We started this journey together, and
somehow—even though my work has been in Illinois, Michigan, and California—we’re finish-
ing it together in Texas. The last few months have been a lot of work, but y’all have been there
supporting me like always: Papi with the tech support, Mami with the wellness support, and Pene-
lope with the work-life balance support. The three of you are the inspiration for everything I’ve
done in my career, and I hope I’ve made you proud.
I can’t end this without thanking Floki. You’re the best lil man I could’ve adopted, and you’ve
been at my side (or on my keyboard) every single late night I’ve been writing this dissertation.
iv
Table of Contents
Dedication . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . ii
Acknowledgments . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . iii
List of Figures . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . viii
List of Tables . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xi
List of Appendices . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xii
List of Acronyms . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xiii
Abstract . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xv
Chapter
1 Thesis Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 1
1.1 Specific Aims . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 1
1.2 Thesis Contributions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 2
2 Introduction to Bionic Systems . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1 Motivation . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1.1 Prostheses . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1.2 Exoskeletons . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 7
2.2 Bionic Legs . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 7
2.3 Control Strategies . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 9
2.3.1 High-level . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 9
2.3.2 Mid-level . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 11
2.3.3 Low-level . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 13
2.4 Remaining Challenges . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 14
2.4.1 Hardware . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 14
2.4.2 Controls . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 15
2.4.3 User . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 16
2.5 Potential Pathways . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 17
3 Design, Control, and Clinical Implementation of an Open-source Bionic Leg . . . . . 18
3.1 Abstract . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 18
3.2 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 19
3.3 Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 23
v
3.3.1 Design . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 23
3.3.2 Benchtop Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 35
3.3.3 Clinical Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 40
3.4 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 43
3.4.1 Design . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 43
3.4.2 Benchtop Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 45
3.4.3 Clinical Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 46
3.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 48
3.5.1 Facilitating Controls Research . . . . . . . . . . . . . . . . . . . . . . . 48
3.5.2 Design Benchmarks and Limitations . . . . . . . . . . . . . . . . . . . . 51
3.5.3 Clinical Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 52
3.6 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 53
4 Characterizing Open-loop Control and Efficiency in Wearable Robots . . . . . . . . 54
4.1 Abstract . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 54
4.2 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 55
4.3 Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 57
4.3.1 Overview . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 57
4.3.2 Experiment 1: Open-loop Impedance Control . . . . . . . . . . . . . . . 58
4.3.3 Experiment 2: Actuator-drive Efficiency . . . . . . . . . . . . . . . . . . 62
4.3.4 Experiment 3: Open-loop Torque Control . . . . . . . . . . . . . . . . . 64
4.4 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 64
4.4.1 Open-loop Impedance Control . . . . . . . . . . . . . . . . . . . . . . . 64
4.4.2 Actuator-drive Efficiency . . . . . . . . . . . . . . . . . . . . . . . . . . 66
4.4.3 Open-loop Torque Control . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.5.1 Open-loop Impedance Control . . . . . . . . . . . . . . . . . . . . . . . 69
4.5.2 Actuator-drive Efficiency . . . . . . . . . . . . . . . . . . . . . . . . . . 71
4.5.3 Limitations, Recommendations, and Future Work . . . . . . . . . . . . . 74
4.6 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 76
5 Damping Perception During Active Ankle and Knee Movement . . . . . . . . . . . . 77
5.1 Abstract . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 77
5.2 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 78
5.3 Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 81
5.3.1 Experiment . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 81
5.3.2 Analysis . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 85
5.4 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 87
5.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 91
5.5.1 Damping Perception . . . . . . . . . . . . . . . . . . . . . . . . . . . . 92
5.5.2 Application in Wearable Robotics . . . . . . . . . . . . . . . . . . . . . 94
5.5.3 Comparison to Elbow and Torque Perception . . . . . . . . . . . . . . . 94
5.5.4 Strategies . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 95
5.5.5 Limitations . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 96
5.6 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 98
vi
6 Concluding Remarks . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 99
6.1 Contributions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 99
6.2 Next Steps for the Open-source Leg . . . . . . . . . . . . . . . . . . . . . . . . 99
6.3 Next Steps for Bionics . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 101
Appendices . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 103
Bibliography . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 176
vii
List of Figures
3.1 The Open Source Leg (OSL) and its novel design components. . . . . . . . . . . . . . 22
3.2 Overview of the OSL design process. . . . . . . . . . . . . . . . . . . . . . . . . . . 25
3.3 Simulated motor speed-torque curves for the knee and ankle prostheses. . . . . . . . . 27
3.4 Simulated belt drive torques for the knee and ankle prostheses. . . . . . . . . . . . . . 29
3.5 Simulated range of motion and transmission ratio for various linkage configurations. . 30
3.6 Ankle transmission ratio throughout the range of motion. . . . . . . . . . . . . . . . . 30
3.7 Motor and prosthesis efficiency comparison. . . . . . . . . . . . . . . . . . . . . . . 32
3.8 Two possible embedded system configurations. . . . . . . . . . . . . . . . . . . . . . 34
3.9 Benchtop testing setup. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 36
3.10 Electromechanical and thermal benchtop testing. . . . . . . . . . . . . . . . . . . . . 37
3.11 Equivalent electrical circuit used to model the thermal dynamics of the motor. . . . . . 39
3.12 Tuned impedance parameters across five ambulation modes. . . . . . . . . . . . . . . 41
3.13 Subjects with a transfemoral amputation ambulating with the OSL. . . . . . . . . . . 47
3.14 OSL kinematics and kinetics across five ambulation modes. . . . . . . . . . . . . . . 49
4.1 Block diagram for the impedance controller. . . . . . . . . . . . . . . . . . . . . . . . 58
4.2 Example setup for the actuator characterization experiments. . . . . . . . . . . . . . . 59
4.3 Representative Bode plots resulting from system identification. . . . . . . . . . . . . . 61
4.4 Comparison of the desired and estimated impedance parameters across all actuators. . 65
4.5 Actuator-drive efficiency of the U8 actuators. . . . . . . . . . . . . . . . . . . . . . . 67
4.6 Current-voltage conditions resulting in the driving actuator being either current- or
voltage-controlled. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.7 Representative step responses with the open-loop torque controller. . . . . . . . . . . 69
4.8 Improving open-loop impedance control with a stiffness correction factor. . . . . . . . 70
4.9 Driven actuator produces negative efficiency when the motor current is greater than
the maximum induced current. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 73
4.10 The coupled actuators did not produce voltages of equal magnitudes. . . . . . . . . . 74
5.1 Dynamometer arrangement for the ankle (left) and knee (right) experiment. . . . . . . 82
5.2 Example subject responses for a single staircase while approaching the reference
damping value (10 N·m·s/rad) from below. . . . . . . . . . . . . . . . . . . . . . . . 85
5.3 JND increases with reference damping level and is not significantly different across
joints. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 88
5.4 WF decreases with reference damping level and is not significantly different across
joints. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 89
viii
5.5 Maximum velocities decrease whereas maximum torques increase with damping co-
efficient. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 90
5.6 Lower-limb damping perception is comparable to lower-limb stiffness perception and
better than upper-limb damping perception, at peak stimulus levels. . . . . . . . . . . 93
A.1 OSL knee exploded view. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 104
A.2 OSL ankle exploded view. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 105
A.3 OSL pyramid connector, compatible with M3564F loadcell. . . . . . . . . . . . . . . 106
A.4 OSL pyramid connector, compatible with M3554E loadcell. . . . . . . . . . . . . . . 107
A.5 OSL shaft cap, concentric. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 108
A.6 OSL shaft cap, 0.1 mm offset (side A). . . . . . . . . . . . . . . . . . . . . . . . . . 109
A.7 OSL shaft cap, 0.2 mm offset (side A). . . . . . . . . . . . . . . . . . . . . . . . . . 110
A.8 OSL shaft cap, 0.3 mm offset (side A). . . . . . . . . . . . . . . . . . . . . . . . . . 111
A.9 OSL shaft cap, 0.1 mm offset (side B). . . . . . . . . . . . . . . . . . . . . . . . . . . 112
A.10 OSL shaft cap, 0.2 mm offset (side B). . . . . . . . . . . . . . . . . . . . . . . . . . . 113
A.11 OSL shaft cap, 0.3 mm offset (side B). . . . . . . . . . . . . . . . . . . . . . . . . . . 114
A.12 OSL knee stage 1 input pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 115
A.13 OSL knee motor bearing housing. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 116
A.14 OSL knee motor pulley lock. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 117
A.15 OSL knee motor coupling. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 118
A.16 OSL knee stage 1 input pulley flange. . . . . . . . . . . . . . . . . . . . . . . . . . . 119
A.17 OSL knee stage 2 input pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 120
A.18 OSL knee stage 1 output pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 121
A.19 OSL knee stage 2 input pulley flange. . . . . . . . . . . . . . . . . . . . . . . . . . . 122
A.20 OSL knee stage 3 input pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 123
A.21 OSL knee stage 2 output pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 124
A.22 OSL knee stage 3 input pulley flange. . . . . . . . . . . . . . . . . . . . . . . . . . . 125
A.23 OSL knee stage 3 output pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 126
A.24 OSL knee proximal pyramid. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 127
A.25 OSL knee proximal pyramid strut. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 128
A.26 OSL knee encoder magnet holder. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 129
A.27 OSL knee distal base. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 130
A.28 OSL knee distal base, compatible with M3564F loadcell. . . . . . . . . . . . . . . . . 131
A.29 OSL knee distal base, compatible with M3554E loadcell. . . . . . . . . . . . . . . . . 132
A.30 OSL knee encoder housing. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 133
A.31 OSL knee housing, right side. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 134
A.32 OSL knee housing, left side. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 135
A.33 OSL knee pulley guard. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 136
A.34 OSL knee electronics cover. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 137
A.35 OSL knee motor standoff. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 138
A.36 OSL knee gear stop, non-SEA configuration. . . . . . . . . . . . . . . . . . . . . . . 139
A.37 OSL knee spacer, non-SEA configuration. . . . . . . . . . . . . . . . . . . . . . . . . 140
A.38 OSL knee spring, symmetric. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 141
A.39 OSL knee spring, asymmetric. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 142
A.40 OSL knee spring stop. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 143
ix
A.41 OSL knee gear stop, SEA configuration. . . . . . . . . . . . . . . . . . . . . . . . . . 144
A.42 OSL knee spring gear. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 145
A.43 OSL ankle stage 1 input pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 146
A.44 OSL ankle motor coupling. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 147
A.45 OSL ankle stage 1 input pulley flange, small. . . . . . . . . . . . . . . . . . . . . . . 148
A.46 OSL ankle stage 1 input pulley flange, large. . . . . . . . . . . . . . . . . . . . . . . 149
A.47 OSL ankle stage 2 input pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 150
A.48 OSL ankle stage 1 output pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 151
A.49 OSL ankle stage 2 input pulley flange. . . . . . . . . . . . . . . . . . . . . . . . . . . 152
A.50 OSL ankle stage 2 output pulley. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 153
A.51 OSL ankle linkage coupler. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 154
A.52 OSL ankle shaft cover. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 155
A.53 OSL ankle proximal base. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 156
A.54 OSL ankle proximal base, compatible with M3564F loadcell . . . . . . . . . . . . . . 157
A.55 OSL ankle housing, left. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 158
A.56 OSL ankle housing, right. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 159
A.57 OSL ankle electronics cover. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 160
A.58 OSL ankle base, flat foot configuration. . . . . . . . . . . . . . . . . . . . . . . . . . 161
A.59 OSL ankle base, VariFlex foot configuration. . . . . . . . . . . . . . . . . . . . . . . 162
A.60 OSL ankle shaft support . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 163
A.61 OSL ankle joint shaft. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 164
A.62 OSL ankle flat foot. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 165
B.1 Assembling the OSL. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 167
B.2 Walking with the OSL using an able-bodied adapter. . . . . . . . . . . . . . . . . . . 168
B.3 Setting up the OSL with the Neurobionics Lab’s first patient. . . . . . . . . . . . . . . 169
B.4 Neurobionics Lab’s first patient walking with the OSL. . . . . . . . . . . . . . . . . . 170
B.5 Progressing through the gait cycle with the OSL. . . . . . . . . . . . . . . . . . . . . 171
B.6 Walking up stairs with the OSL at the Shirley Ryan AbilityLab. . . . . . . . . . . . . 172
C.1 Center for Bionic Medicine, 2017. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 174
C.2 Neurobionics Lab, 2019. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 174
C.3 X Team, 2020. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 175
C.4 Azocar Lab, 2020. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 175
x
List of Tables
2.1 Overview of prominent bionic prostheses. . . . . . . . . . . . . . . . . . . . . . . . . 8
3.1 Hardware model information. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 23
3.2 OSL specifications with comparison to other prostheses and the human body. . . . . . 24
3.3 Transmission stage specifications. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 28
3.4 Clinical ambulation goals and their performance metrics. . . . . . . . . . . . . . . . . 42
3.5 Subject characteristics. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 47
4.1 Summary of actuators used in each experiment. . . . . . . . . . . . . . . . . . . . . . 57
4.2 Summary of bus-output efficiency across different power regimes. . . . . . . . . . . . 66
5.1 EMG amplitude-to-torque ratio across subjects. . . . . . . . . . . . . . . . . . . . . . 91
5.2 Torque contributions by each impedance parameter for each experiment. . . . . . . . . 91
6.1 Minimum specifications to report for bionic systems. . . . . . . . . . . . . . . . . . . 101
xi
List of Appendices
A Open-source Leg: Mechanical Drawings . . . . . . . . . . . . . . . . . . . . . . . . . 103
B Open-source Leg: Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 166




ANOVA analysis of variance
DC direct current
DF dorsiflexion
ER-BLDC exterior-rotor brushless DC
EMF electromotive force
EMG electromyographic
FlexSEA Flexible, Scalable Electronics Architecture
GRF ground reaction force
GUI graphical user interface
HILO human-in-the-loop optimization
IMU inertial measurement unit
JND just noticeable difference
MVC maximum voluntary contraction
xiii
NU IRB Northwestern University Institutional Review Board
OSL Open Source Leg
PF plantarflexion
PSD power spectral density









Bionic systems—wearable robots designed to replace, augment, or interact with the human body—
have the potential to meaningfully impact quality of life; in particular, lower-limb prostheses and
exoskeletons can help people walk faster, better, and safer. From a technical standpoint, there is
a high barrier-to-entry to conduct research with bionic systems, limiting the quantity of research
done; additionally, the constraints introduced by bionic systems often prohibit accurate measure-
ment of the robot’s output dynamics, limiting the quality of research done. From a scientific
standpoint, we have begun to understand how people regulate lower-limb joint impedance (stiff-
ness and damping), but not how they sense and perceive changes in joint impedance. To address
these issues, I first present an open-source bionic leg prosthesis; I describe the design and testing
process, and demonstrate patients meeting clinical ambulation goals in a rehabilitation hospital.
Second, I develop tools to characterize open-loop impedance control systems and show how to
achieve accurate impedance control without a torque feedback signal; additionally, I evaluate the
efficiency of multiple bionic systems. Finally, I investigate how well people can perceive changes
in the damping properties of a robot, similar to an exoskeleton. With this dissertation, I provide
technical and scientific advances aimed at accelerating the field of bionics, with the ultimate goal





The overall objective of this dissertation is to advance the field of lower-limb bionic systems using
both technological and scientific approaches. This is accomplished with hardware development,
control system characterization, and human perception experiments. Specifically, this dissertation
encompasses the following aims:
1. Develop a high-performance, open-source bionic leg.
Robotic prostheses can improve the quality of life for individuals with amputation, but safe,
reliable controls research remains a challenge. Many research groups are developing im-
proved control systems, but do not necessarily have access to a bionic leg for testing and
have to spend considerable resources to build their own. In this aim, we developed an open-
source bionic leg to lower the barriers-to-entry, facilitate and standardize bionics research,
and enable direct comparison of control strategies.
2. Characterize and improve the performance of novel actuators for bionic systems.
Recent bionic systems are being designed with high-torque motors from the drone industry;
although they provide many benefits, these motors have not been rigorously characterized
for use in robotics. In this aim, we conducted a series of experiments to evaluate and improve
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the performance of actuators that couple drone motors with low transmission ratios. Specif-
ically, we developed system identification techniques to quantify and improve open-loop
impedance control, characterized actuator-drive efficiency, and evaluated open-loop torque
control.
3. Quantify human perception of exoskeleton damping.
The mechanical impedance (stiffness and damping) of the leg governs many important as-
pects of locomotion, including energy storage, transfer, and dissipation between joints; how-
ever, little is known about the human ability to sense changes in impedance. In this aim,
we investigated how small of a change to exoskeleton damping users can reliably perceive.
This aim builds upon my master’s thesis, which investigated the ability to sense changes in
exoskeleton stiffness.
1.2 Thesis Contributions
Chapter 3 introduces the Open Source Leg (OSL), a simple, portable, scalable, customizable, and
economical prosthesis for the research community [1, 2]. The OSL is the first prosthesis to use
motors initially developed for the drone industry; we chose these motors for their high torque
density, and because they are more electrically and thermally efficient than typical motors, re-
sulting in a prosthesis with performance comparable to—or better than—heavier, more expensive
prostheses. The OSL serves as a common hardware platform for evaluation of prosthesis control
strategies, reduces redundant effort across researchers, and enables untethered testing outside the
laboratory—in the community and at home. The OSL was designed for both new and experienced
researchers in the field of bionics, and has already begun to achieve its purpose. As of publication,
9 different research groups are actively using or building the OSL—including labs with years of
experience and labs just entering the field—demonstrating its impact in the last 2 years. Besides
the Vanderbilt Prosthetic Leg, which has been used by 2 research groups, no other powered trans-
femoral prosthesis has been tested by multiple researchers. The labs currently using or building
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the OSL include:
1. Neurobionics Lab, University of Michigan: biologically-inspired impedance control
2. Center for Bionic Medicine, Northwestern University & Shirley Ryan AbilityLab: ma-
chine learning for intent recognition and targeted muscle reinnervation
3. Locomotor Control Systems Lab, University of Michigan: phase-based control and adap-
tive optimization
4. Hartmut Geyer Lab, Carnegie Mellon University: neuromuscular model control and on-
line optimization
5. Exoskeleton and Prosthetic Intelligent Controls Lab, Georgia Institute of Technology:
machine learning for intent recognition
6. Rombolabs, University of Washington: deep learning for coordinated movement control
7. Human Neuromechanics Laboratory, University of Florida: proportional myoelectric
control
8. Locomotion & Biomechanics Lab, University of Notre Dame: hybrid volitional control
9. Neuromechanics and Rehabilitation Technology Group, Imperial College London:
multi-sensor, hybrid model- and signal-based control
Chapter 4 presents the first study to thoroughly characterize and publish open-loop output
impedance for drone-style actuators with and without integrated transmissions; we show how char-
acterization can be used to decrease open-loop impedance errors from 42% to 3%. In this chapter,
we also build upon previous work from our lab and present the first characterization of end-to-end
(bus-to-output) actuator efficiency for these systems; we found that the average positive efficiency
of all the actuators tested was 65%. Finally, we outline methods for others to characterize open-
loop dynamics for different applications as well.
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Chapter 5 completes the first set of studies investigating impedance (stiffness and damping)
perception in the lower limb; previous work has been limited to the upper limb only. Specifically,
Chapter 5 investigates damping perception, whereas my master’s thesis investigated stiffness per-
ception [3–5]. We found that users can detect changes in damping as small as 12%, with best
perception at high damping values; this sensory threshold can be implemented on impedance-con-
trolled devices for training or haptic feedback. By keeping impedance changes below the threshold,
users can be trained to reach a desired performance level without being disturbed; alternatively,
impedance changes above the threshold can be used for haptic feedback—to interact with users
and improve their performance. These methods were also extended in a separate study investigat-
ing the resolution with which prostheses should be individually optimized [6, 7]. In this study, we
found that individuals with below-knee amputations could detect changes in prosthesis stiffness as
small as 7% and could consistently tune the prosthesis to their preferred stiffness (14% variation).
This high sensitivity suggests prosthetic foot stiffness should be tuned on an individual basis, and
with a high degree of precision.
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Chapter 2
Introduction to Bionic Systems
Bionic systems—wearable robots designed to replace, augment, or interact with the human body—
have the potential to meaningfully impact quality of life. This dissertation is focused on lower-limb
prostheses (i.e., mechanical devices that replace missing body segments) and exoskeletons (i.e.,
mechanical devices that are worn over body segments and augment user performance). Although
bionic prostheses1 and exoskeletons2 serve different populations and purposes, they share many
similarities; bionic systems require control strategies that safely and comfortably interact with
users, face similar hardware/software constraints, and must provide enough benefit to justify their
weight and cost. When implemented well, bionic systems can have a significant positive impact
on their user; however, design and control of these systems is challenging. In this dissertation, I
develop tools and experiments aimed at improving and accelerating the field of bionics, with the
ultimate goal of enabling meaningful impact with bionic systems.
2.1 Motivation
2.1.1 Prostheses
More than 2 million people in the United States have a limb amputation, with an expected 3.6
million by 2050 [8]. 65% of amputations are at the lower-limb, including above-knee (i.e., trans-
1Also called bionic legs.
2This dissertation does not focus on exoskeletons designed to assist individuals with paralysis, stroke, etc.
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femoral) and below-knee (i.e., transtibial) amputations. Most individuals with lower-limb ampu-
tations wear prostheses that enable them to return to some activities of daily living; unfortunately,
despite the benefits that most commercially-available prostheses provide, they have many draw-
backs. Individuals with lower-limb amputations walk 13-56% slower, consume 25-65% more
energy, and have a 50% chance of falling each year [9–11]. Additionally, many of these indi-
viduals develop compensatory gait modifications and favor their intact limb, leading to long term
degeneration such as knee/hip osteoarthritis (intact limb) and osteoporosis (residual limb) [12].
The impacts of amputation go beyond the physical, as individuals with amputation are faced with
social stigmatization, depression, and unemployment [13–15].
Although other factors—such as age, physical fitness, amputation level, cause of amputation,
and socket fit—impact the biomechanical changes outlined above, a major source of these deficits
is the passive nature of commercially-available prostheses. Passive prostheses—which have fixed
mechanical properties—cannot produce net-positive mechanical energy; in contrast, the muscles in
the intact leg contract during walking to produce large amounts of net-positive mechanical energy
[16]. For example, the biological ankle generates 0.25 J/kg of positive work during walking,
whereas passive ankle prostheses—which typically behave like springs—can store and release, but
not generate, energy [17]; to compensate for the missing 18.75 J3 of positive work, individuals with
below-knee amputation increase both hamstring and quadriceps muscle activity during early- and
mid-stance [18]. Similarly, the biological knee generates 0.71 J/kg during stair ascent, whereas
passive knee prostheses—which typically behave like dampers—can dissipate, but not generate,
energy [17]; to compensate, individuals with above-knee amputation typically ascend stairs step-
by-step (instead of step-over-step) or using rapid knee and ankle flexion on the intact limb [19,
20]. Powered prostheses—which use motors to generate net-positive mechanical energy—have the
potential to restore lost motor function and improve quality of life for individuals with amputation.
3Assuming a 75 kg subject.
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2.1.2 Exoskeletons
Approximately 100 million people in the United States work in physically demanding jobs that
require lifting/carrying weight, standing, or walking for extended periods [21, 22]. On average,
occupations such as construction, extraction, transportation, and healthcare require 5-7 hours of
walking a day while carrying 18-23 kg. A number of passive and powered exoskeletons have been
developed for these applications, typically to assist the back muscles [23–27]. Lower-limb ex-
oskeletons have the potential to assist as well, particularly in tasks that require heavy lifting and/or
walking. For example, the hip and knee joints are heavily involved in squat lifting and the sit-
to-stand transition [28, 29]; during locomotion, lower-limb exoskeletons that reduce the metabolic
cost of walking may allow users to walk farther and faster, or carry more weight before getting
tired [30, 31]. Additionally, the improvements that exoskeletons provide to physically demanding
jobs may also extend to assist the United States’ aging population, which currently consists of ap-
proximately 100 million people above the age of 50 [32]. Bionic exoskeletons have the potential
to improve user performance, reduce injuries, and keep people active as they age.4
2.2 Bionic Legs
The age of bionic legs began 15 years ago, at Vanderbilt University and the Massachusetts Insti-
tute of Technology [33–36]. Vanderbilt’s Center for Intelligent Mechatronics developed the first
bionic leg (both knee and ankle joints), using pneumatic actuators tethered to off-board power
and computation; since then, the Vanderbilt Prosthetic Leg has undergone multiple iterations to
its actuators, transmissions, and structure. Through extensive studies—including running, cycling,
uneven terrain, and bilateral amputations—this prosthesis has provided key insights on the com-
plexities of developing a multi-degree-of-freedom bionic leg [37–42]; additionally, until now, this
was the only bionic leg used by a second research group, where it showed meaningful clinical
impact [43–46]. The Biomechatronics Group at the Massachusetts Institute of Technology devel-
4Although most of the following sections focus on bionic prostheses, many of the same design philosophies, control
approaches, constraints, and limitations apply to exoskeletons as well.
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oped the first bionic ankle, using both series and parallel elasticity to provide the biological ankle’s
dynamics while matching the shape and mass of the missing limb. The MIT Powered Ankle has
also been tested extensively, and has shown an 8-14% reduction in metabolic cost, 57% increase in
trailing leg mechanical work, 10% decrease in leading leg mechanical work, and 23% increase in
self-selected walking speed, relative to a passive prosthesis [47,48]; additionally, subjects walking
with the bionic ankle exhibit similar metabolic energy costs, walking speeds, and biomechani-
cal patterns compared to able-bodied subjects [48]. The MIT Powered Ankle became the first
commercialized powered ankle prosthesis, originally as the BiOM Ankle (BionX) and now as the
emPOWER Ankle (Ottobock).
The work started by these two research groups inspired many others to develop their own bionic
systems (Table 2.1). Early designs used pneumatic actuation, then transitioned to high-speed, low-
torque electric motors. To achieve biological speeds and torques, motors have been coupled to
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transmissions, springs (in series or parallel), and clutches. Due to the torque-speed regimes of
the motors used, transmission ratios have historically been quite high (150-800:1), leading to in-
efficiencies, audible noise, and control challenges [36, 38, 53, 56, 66–68]. More recent systems—
including the OSL introduced in this dissertation—are implementing novel low-speed, high-torque
motors, which can be coupled to lower transmission ratios (20-50:1) [1,2,49,50]. There is no stan-
dard actuation scheme, as designs have used ball screws, gearboxes, cables, chains, and (occasion-
ally) series or parallel springs. This has led to a wide range of prosthesis performance, particularly
in terms of size, weight, complexity, and controllability; all of this variability makes it particularly
difficult to compare the benefits and drawbacks of different designs and control systems.
2.3 Control Strategies
Control strategies for bionic systems must assist or augment the user in a safe, comfortable, and
seamless manner. In general, control can be divided into three hierarchical levels [69]. At the
highest-level, control systems must predict the user’s goals or intended motions. The mid-level
controller translates the high-level controller’s predictions into desired device behavior. Finally,
the low-level controller performs traditional motor control strategies to achieve the desired behav-
ior. Reliable performance within and between each of these levels is important for meaningful
ambulation with bionic systems.
2.3.1 High-level
The high-level controller—or perception layer—is responsible for estimating the user’s intent [69].
In intent recognition approaches, the high-level controller predicts the user’s desired activity (e.g.,
walking) and sends that information to the mid-level controller. To date, the most comprehensive
and successful implementation of high-level control—for both prostheses and exoskeletons—was
developed at the Center for Bionic Medicine and Northwestern University [43–46, 70]. In this
system, the user’s present and future state are selected from a set of discrete activities, including:
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sitting, standing, level-ground walking, ramp ascent, ramp descent, stair ascent, and stair descent,
in addition to transitions between each activity.
To predict a user’s activity, researchers have options to record data from the bionic system,
the user, and/or the environment. Sensors on the bionic system typically measure mechanical and
electrical information, including motor/joint/limb kinematics and (occasionally) kinetics, as well
as motor electrical states. Sensors on the user measure similar mechanical information, in addition
to electromyographic (EMG) activity from muscles [70,71]. An emerging area of research involves
sensing the physical environment around the user, using laser rangefinders and cameras (standard
or depth-sensing) [72–75].
Transitions between activities can be accomplished using a combination of heuristics and ma-
chine learning. In purely heuristic approaches, finite state machines divide the activities and tran-
sitions are based on simple, manually- or analytically-selected sensor thresholds [69]. Machine
learning approaches typically use instantaneous or historical sensor data, along with sensor fusion
techniques, to predict both the user’s current activity and the transition to the next activity. These
approaches often use classifiers like Gaussian mixture models, linear discriminant analysis, dy-
namic Bayesian networks, support vector machines, artificial neural networks, and image-based
convolutional neural networks [70, 76–79]. The best performing systems typically result in 1-2%
error rates, meaning that the control system makes 1-2 mistakes every 100 steps. Some errors—like
incorrectly classifying ramp ascent as level-ground walking—may go unnoticed by the user; how-
ever, other errors—like incorrectly classifying stair descent as level-ground walking—may lead to
serious injury. As bionic systems transition out of lab settings, high-level control becomes more
and more important for safe, intuitive ambulation.
High-level control is the least studied level of bionic control, because in most research settings
the experimenter serves as the high-level ‘controller’. That is, most research studies only test a few
activities at a time, typically independent of each other and in steady state (on treadmills). In these
studies, there is no need for a real-time activity recognition system, so the researcher manually sets
the activity and instead focuses on developing mid-level controllers.
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2.3.2 Mid-level
The mid-level controller—or translation layer—is responsible for generating the appropriate assis-
tance strategy for a given activity [69]. For example, if the user wants to walk on level ground,
what should the bionic system actually do to help them? Historically, three main approaches have
emerged—position, torque, and impedance control. In position control approaches, the robot en-
forces a kinematic trajectory that the user must follow. Enforcing a motion on a prosthesis or
exoskeleton—particularly when the leg is on the ground—can be uncomfortable and unsafe, po-
tentially leading to high forces on the user and robot; therefore, pure position control is rarely used
in bionics, except during the swing phase of walking [47]. Torque control provides an improve-
ment over position control, assisting the user’s kinetics while allowing them to determine their
own motion; however, accurately measuring torque on a bionic device can be challenging, due
to size and weight constraints. Finally, impedance control provides a balance between position
and torque control. Controlling mechanical impedance—the instantaneous, dynamic relationship
between joint kinematics and kinetics—enables compliant interaction between the user and the
robot, and may lead to more natural and capable bionic systems [80–82]. In bionic systems, the
inputs to an impedance controller are positions and velocities, and the output is a desired torque;
therefore, impedance and torque control are closely linked together. Impedance control is largely
inspired by the human body; the neuromuscular system regulates lower-limb impedance to enable
energy storage and exchange across joints, and safely transfer disturbances from the ground to the
body [82, 83]. Most bionic systems implement a combination of position, torque, and impedance
control, and use heuristics, biologically-inspired modeling approaches, or optimization methods to
generate assistance profiles that enable safe locomotion.
In conjunction with their high-level control approach, the Center for Bionic Medicine devel-
oped a comprehensive set of impedance-based prosthesis control strategies for standing, level-
ground walking, ramp ascent, ramp descent, stair ascent, and stair descent [45]. Most of the
impedance laws used heuristics; however, studies that estimated the biological impedance of the
ankle while walking were also incorporated to provide biologically-inspired control [84]. The
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impedance parameters were tuned with prosthetists and therapists until a set of clinical goals were
met. Although this approach successfully enables clinically-meaningful locomotion across many
activities, it is time consuming; the impedance controller had 140 parameters and took 5 hours to
tune.
The Locomotor Control Systems Lab at the University of Michigan developed an alternative
mid-level control approach that drastically reduces the tuning parameters and time using phase
variables and virtual constraints [85–87]. Instead of subdividing the gait cycle into different states
(e.g., early stance, late stance, early swing, and late swing), these controllers unified the gait cycle
into a continuous user-synchronized sense of phase. Phase variables are unactuated degrees of
freedom that monotonically increase/decrease throughout a rhythmic process. For transfemoral
prostheses, thigh angle served as the phase variable [88]; for transtibial prostheses, a separate group
used shank angle as the phase variable [89]. Recent work combining phase-based virtual constraint
control with state machines expanded the capabilities of these systems to include non-rhythmic
tasks, including: starting/stopping motion, obstacle avoidance, and kicking a soccer ball [87].
Additionally, by drastically reducing the number of control parameters, this approach provided
clinically significant improvements with only 10 minutes of tuning.
Neuromuscular model control, developed at Carnegie Mellon University, generates torque as-
sistance profiles based on a model of the human neuromuscular system [51, 90, 91]. This model is
motivated by the idea that limited control is needed when exploiting the natural dynamics of legged
systems, and encodes biological muscle reflex activity to generate joint torques. In simulation, the
model successfully reproduced human walking kinematics and kinetics, and was robust to ground
disturbances and slopes changes. On a transtibial prosthesis, the neuromuscular model success-
fully adapted to changes in slope; on a transfemoral prosthesis, limited tests showed that the model
reproduces normal walking patterns and effectively responds to some disturbances in early and late
swing. Ultimately, the goal of the model is to enable balance recovery on transfemoral prostheses,
a currently unsolved challenge.
The Biomechatronics Lab at Stanford University has developed a mid-level control technique
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for exoskeletons using human-in-the-loop optimization (HILO) [92]. In this approach, the torque
profile provided by an exoskeleton is determined by optimizing an objective function related to the
user or device; typically, the goal is to reduce the user’s metabolic cost of walking. Briefly, user’s
begin an experimental session walking with predetermined torque assistance profiles (drawn from
a multivariate normal distribution of possible profiles) while respiratory measurements estimate
the metabolic cost of walking at each condition. After a set number of trials, covariance matrix
adaptation—an evolution strategy used to solve optimization problems—is used to identify the best
torque profiles, update the distribution of possible profiles, and generate new profiles for further
testing; this process continues for multiple generations until convergence. HILO has been used
successfully on ankle and hip-knee-ankle exoskeletons to reduce the metabolic cost of walking by
14-40%, relative to not wearing an exoskeleton at all [92–94]. Other groups have also performed
HILO with gradient descent and Bayesian optimization methods [95, 96].
2.3.3 Low-level
The low-level controller—or execution layer—is responsible for accurately producing the desired
behavior with the actuator [69]. As in classical controls literature, the low-level controller is in-
tended to minimize the error between the desired behavior (coming from the mid-level controller)
and the measured behavior (coming from sensor readings) while remaining stable. This can be ac-
complished using a combination of feedback and feedforward loops. Feedback control requires a
measure or estimate of the variable being controlled (e.g., motor/joint angle, motor/joint torque, or
motor current), whereas feedforward control requires a model to predict the system’s future state
based on its current and previous states. Low-level control has been extensively studied in other
fields, is fairly well understood, and is not a major area of focus in bionics.
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2.4 Remaining Challenges
Despite promising research results, bionic systems—in particular transfemoral prostheses—have
yet to make large-scale clinical or commercial impact. Although bionic systems provide a benefit
to the user, the improvements do not yet outweigh the increased costs, risks, and added weight.
A passive knee or ankle prosthesis that performs well enough for community ambulation costs
$10,000-15,000 [97]; in contrast, commercially available powered prostheses—such as the em-
POWER Ankle (Ottobock) and the POWER KNEE (Ossur)—cost up to $100,000 each. In some
cases, the improvements observed in research settings to do not necessarily translate to the clinic.
Early research prototypes of the emPOWER Ankle showed 8-14% reduction in metabolic cost and
23% increase in self-selected walking speed [47, 48]; however, when the commercial version of
the prosthesis was tested by a separate group, no differences were found [98]. Additionally, the
field has yet to develop a flexible, intuitive control architecture that reliably lets users ambulate
without errors. Finally, many bionic are legs still too heavy (6-8 kg) compared to lightweight pas-
sive prostheses like the Vari-Flex Foot (Ossur, 0.6 kg) and the Comfort-Brake Knee (Ottobock,
0.7 kg) [51, 52]. There are a number of challenges the field needs to solve to enable meaningful,
widespread impact of bionic systems.
2.4.1 Hardware
Mass is perhaps the biggest challenge for both bionic legs and exoskeletons, and many other chal-
lenges are further constrained by mass limitations. Unlike passive systems—which are typically
built with springs, dampers, and simple structures—bionic systems have the added mass of motors,
transmissions, batteries, and electronics. For example, the emPOWER Ankle (2.3 kg) is approxi-
mately 4 times heavier than the passive Vari-Flex Foot (0.6 kg). Added mass becomes particularly
detrimental at the ankle, as the metabolic cost of walking increases when mass is moved distally
(down the leg) [99]. In addition to affecting mass, the geometry of the bionic systems is critical
as well. Prostheses that are too tall may not fit some users, especially if they have a long resid-
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ual limb. Similarly, large exoskeletons may interfere with the user’s motion, and the inertia may
actually hinder locomotion.
Torque sensing is an often-overlooked challenge in bionics. A measure of joint torque is needed
for closed-loop torque and impedance control; unfortunately, measuring torque is a major chal-
lenge in bionics, primarily due to mass and size constraints. High-quality torque sensors—with
the range, resolution, signal-to-noise ratio, and sampling rates needed for locomotion—are large,
heavy, and expensive. Series-elastic actuators (SEAs) offer an alternative to torque sensors by
placing a spring between the transmission and the output [100]; measuring the deflection of the
spring provides an estimate of the system’s torque. Although SEAs provide torque measurement,
they also increase mass, size, and design complexity, so only about half of bionic systems use them
(Table 2.1).
2.4.2 Controls
Although not always clarified, many groups use open-loop torque and impedance control strate-
gies, due to the difficulties in measuring torque on a wearable device; closed-loop control is typ-
ically only implemented with SEAs. Without a measurement of output torque, bionic systems
usually use closed-loop current control, since motor current is proportional to motor torque; the
device’s transmission ratio provides the relationship between motor and output torque. Previous
systems, which used highly-geared transmissions, typically required complex modeling to account
for losses in the transmission [38]; more recent systems, with smaller transmission ratios, are less
susceptible to unmodeled transmission dynamics, and are likely to perform better with open-loop
control strategies [50]. Regardless, more effort needs to be directed at characterizing and improv-
ing open-loop control strategies.
Most high- and mid-level controllers are developed and tested under steady-state conditions
(e.g., on treadmills). Although these test conditions provide a valuable foundation for control
system development, they do not accurately reflect community ambulation; that is, they do not
account for the variability of day-to-day life. Consequently, many research prototypes are not
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equipped to handle changes in walking speed, sudden starting/stopping of motion, shuffling in
place, walking backwards, side-stepping, etc.
The challenges in translating control systems from the lab to a more unconstrained environment
are compounded by the fact that most researchers focus either on high- or mid-level control; very
few groups develop both in tandem. This type of isolated testing means that, the best mid-level
control strategies will rarely be tested together, and transitions between them will not be developed,
because they are not coupled with a high-level controller. Similarly, the best high-level control
strategies may be paired with poor mid-level controllers, resulting in great intent recognition but a
poor user experience.
2.4.3 User
Ultimately, these bionic systems are being designed for end users (individuals with an amputation,
factory workers, etc.); unfortunately, bionics research is focused more on device performance and
less on testing and developing with the user in mind. For example, some prosthesis studies are
run on able-bodied subjects, instead of users with an amputation [51, 62, 63, 101]. Although it is
critical to test bionic systems on able-bodied subjects first, researchers should be wary of applying
the results of able-bodied studies to individuals with amputation. Along the same lines, many
research groups invest heavily in developing bionic systems, but then only perform a single study
with the device. There is a serious lack of continuity and user testing in the field of bionics, which
is, in part, preventing the field as a whole from advancing.
There is a gap in our understanding of how exoskeleton users respond to, and perceive, external
assistance. Early work on both prostheses and exoskeletons suggests that assistance should be
customized to each user, but the exact metrics to customize are unclear [6, 7, 92]. Metabolic cost
is a popular metric for exoskeletons, but comfort, preference, and overall experience may provide
different results. Developing algorithms that automatically adapt to users’ short- and long-term
needs, in a way that does not interfere with their gait (physically or perceptually), may help with
acceptance of bionic systems.
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2.5 Potential Pathways
To address many of the aforementioned challenges, the primary goal of this dissertation is to intro-
duce tools to unify and provide continuity in bionics research. In Chapter 3, I outline the design,
control, and implementation of the OSL. The OSL is a powerful hardware platform for biome-
chanics, controls, and machine learning researchers (among others) to perform a wide range of
studies on a common device. The OSL design enables it to be 20% lighter than comparable pros-
theses, and its low transmission ratio simplifies open-loop control. In Chapter 4, I explore different
actuators, both for prostheses and exoskeletons, to understand their open-loop control capabilities
and efficiencies; in particular, I show how to characterize and improve upon open-loop impedance
control. Finally, in Chapter 5, I explore how users perceive externally-applied actuation, from a
system similar to an exoskeleton; specifically, I investigate how well users can detect changes in
the damping properties of an external system attached to the lower-limb. It is my hope that with
this work, researchers can shift their focus away from designing bionic legs from scratch, and to-
ward developing integrated controllers, understanding the user’s experience, and accelerating the
adoption of bionic systems outside of academia.
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Chapter 3
Design, Control, and Clinical Implementation of an
Open-source Bionic Leg
Portions of this chapter appear in:
1. A F Azocar, L M Mooney, J F Duval, A M Simon, L J Hargrove, and E J Rouse, “Design and
Clinical Implementation of an Open-source Bionic Leg,” Nature Biomedical Engineering,
accepted, in press.
2. A F Azocar, L M Mooney, L J Hargrove, and E J Rouse, “Design and Characterization
of an Open-source Robotic Leg Prosthesis,” Proceedings of the IEEE RAS/EMBS Interna-
tional Conference on Biomedical Robotics and Biomechatronics (BioRob), August 2018.
Finalist, Best Hardware Demo Finalist, Student Paper Competition
3.1 Abstract
Over one million individuals with amputations live in the United States, many of whom walk
slower, use more energy, fall more often, and develop devastating secondary deficits over time.
Robotic prostheses hold the promise to address many of these challenges, but safe, reliable control
strategies have remained out of reach—that is, a critical gap is the ability to provide appropri-
ate instructions to robotic legs that enable robust ambulation in the real world. Fortunately, there
are many researchers studying control strategies, but each group tests their strategies with different
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robotic hardware in constrained laboratory settings. This mismatch in prosthesis hardware severely
limits comparison of control solutions and, along with the lack of testing in real-world environ-
ments, hinders the translation of these promising technologies. To address these challenges, we
developed the OSL: a robotic knee-ankle prosthesis that facilitates control, biomechanics, and clin-
ical research. This chapter presents the OSL’s design innovations, characterizes its electromechan-
ical performance, and demonstrates clinical implementation with an advanced high-level control
strategy. The OSL provides a common hardware platform for scientific and clinical testing, lowers
the barrier for prosthetics research, and enables research beyond the laboratory: in settings such as
the hospital, community, and home.
3.2 Introduction
Millions of people with lower-limb amputations suffer from a reduced quality of life [8, 15]. With
the exception of highly athletic individuals, the majority of these people walk slower, get tired
faster, and are less stable than non-amputees [9,11,36,102]. In the intact human body, leg muscles
contract during walking to add mechanical energy [16]; however, traditional passive prostheses are
not able to provide this energy, and, subsequently, cannot restore the natural functions of muscles
lost during an amputation. This makes more demanding activities, such as climbing stairs and
ramps, particularly difficult [103]. Additionally, individuals with lower-limb amputations often
develop compensatory modifications to their gait, biomechanics, and muscle activation patterns
that lead to further complications, such as osteoarthritis, osteoporosis, and back pain [12, 18, 104].
Finally, the resulting mobility challenges can lead to depression, social stigmatization, and un-
employment [13–15]. Although passive prostheses provide substantial mobility benefits, their
physical, psychological, and social impacts may limit the quality of life for many individuals with
amputations.
Several research groups are developing powered knee [53,54], ankle [47,58,59,105], and knee-
ankle [38,56,68] (whole-leg) prostheses capable of producing able-bodied kinematics and kinetics
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that are not possible, or extremely difficult, with passive systems [106–108]. These capabilities
are typically achieved using electric motors that add net-positive mechanical energy analogous to
the muscles within the leg. For example, powered knee prostheses are capable of recreating early-
stance knee flexion and extension—a region of the gait cycle that most passive prostheses cannot
reproduce without an increased risk of falls [53,109,110]. Additionally, powered ankle prostheses
can add energy for powered push-off; in contrast, individuals with passive ankle prostheses often
rely on exaggerated hip motions to compensate for the lack of push-off [18]. Powered knee-ankle
systems combine the benefits of powered knee and ankle prostheses—and have the potential to
further improve quality of life—but introduce the need for more complex, coordinated control
strategies. Consequently, results from studies of powered prostheses have often been debated. For
example, although some individual experiments show patients walking faster, using less metabolic
energy, or exhibiting improved center of pressure progression, there has been discussion of the
applicability of these systems in clinical settings or for people with lower activity levels [98]; this
is not necessarily a limitation of the prosthesis hardware, but instead a lack of understanding how to
best control these devices. Finally, prosthesis emulators are a recently-developed tool for quickly
and systematically testing control systems [61, 64, 111]. Emulators utilize off-board motors and
Bowden cable tethers, leading to high performance and low prosthesis weight; however, the tether
between the motor and prosthesis can limit experiments to a laboratory setting with a treadmill.
There have also been promising advances in the development of safe, natural, and intuitive con-
trol approaches. Today’s state-of-the-art control architectures typically include three overarching
levels of control, each bearing responsibility for certain aspects of successful community ambula-
tion. The control systems must recognize the user’s intended movement (i.e., high-level control),
translate the intended movement into an appropriate pattern of leg movement and effort (mid-level
control), and execute the desired motions with closed-loop control (low-level control) [69]. Er-
rors or failures at any of these levels may lead to falls, injuries, loss of confidence, and reduced
community mobility. Fortunately, this is an active area of research, with many groups studying
different approaches to the levels of control [51, 85, 112–115]. For example, recently-developed
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high-level control approaches range from simple thresholds to machine learning techniques that
automatically transition between control strategies for different ambulation modes, such as level
ground walking, ramp ascent/descent, and stair ascent/descent [38, 46]. Modern mid-level strate-
gies implement impedance-based control, phase-based control, or biologically-inspired neuromus-
cular models [38, 51, 85, 112]. Finally, low-level control methods use a combination of feedback
and feedforward control loops to minimize the error between the measured and desired states of
the robot [69]. Overall, control systems for robotic legs are highly sophisticated, and most groups
focus on a subset of high-, mid-, or low-level control [69]; although this practice avoids the chal-
lenges associated with integrating the three levels of control, it limits the impact of these controllers
in real-world settings. Thus, despite promising work, key challenges remain in the development of
control strategies that are safe, robust, and intuitive.
Although talented researchers around the world are investigating the best ways to control
robotic prostheses, development of prosthetic hardware requires substantial investments of time
and resources before research can begin. Even after research is complete, differences in design,
performance, and limitations hinder the ability to compare the merits of different control systems.
For example, robotic prostheses today vary widely in size, weight, transmission type, controllabil-
ity, and degrees of freedom; additionally, many research prostheses must be tethered to a power
supply—preventing researchers from testing in more challenging and realistic environments. Fi-
nally, since most research prostheses are prototypes, they are typically only tested in a few studies
by the original designers, and can be difficult for other researchers to use. Commercially-available
emulator systems help address many of these issues. Although they are powerful, versatile, and
enable quick exploration of novel control systems, they do not have the portability or potential
clinical relevance of a self-contained prosthetic leg. The lack of a low-cost, high-performance, and
accessible powered prosthetic leg technology has hindered progress in the field, and ultimately, the
quality of life of individuals with lower-limb amputations.
To facilitate the study and fair comparison of control approaches, lower the barrier to per-
forming controls research, and prevent duplication of effort, we have created the Open Source
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Leg (OSL): a unique robotic knee-ankle prosthesis system developed for open-source adoption
(Fig. 3.1, Appendices A and B). The OSL includes novel hardware, actuation, sensing, low-level
control software, and software libraries to communicate with researcher-specific mid- and high-
level control systems. In this chapter, we present the design, technical characteristics, and per-
formance of the OSL. We provide a detailed description of the design process, mechatronics im-
plementation, and characterize multiple control architectures. We also highlight two novel design
components: integration of high-torque motors and a customizable series-elastic actuator. Finally,
we demonstrate patients successfully walking with the OSL across level ground, ramps, and stairs
in a hospital setting, with all control parameters provided for reference for future researchers.
Figure 3.1: The Open Source Leg (OSL) and its novel design components. a, Rendering of
the OSL. b, Schematic of the OSL highlighting the transmission, electronics, and load cell. c,
Output view of the electric motor used in the OSL. d, Output view of the motor integrated with
the open-source motor controller and embedded system. e, Side view of a single spring disk. f,
Finite element analysis of a spring disk being deflected by the gear-shaped internal shaft. Colors
represent the von Mises stress. g, Exploded view of six springs stacked inside the knee output
pulley. h, Torque-angle relationship of the knee with 1-6 springs stacked inside. Each spring has a
stiffness of approximately 100 Nm/rad.
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Table 3.1: Hardware model information.
Item Model Company Location
Motor U8-16 T-motor Nanchang, Jiangxi, China







IMU MPU-9250 InvenSense San Jose, CA, USA






























The OSL incorporates a number of design innovations to facilitate adoption and improve perfor-
mance. For example, we used a low-cost electric motor from the drone industry (Fig. 3.1, Table
3.1); since drone motors cannot rely on transmissions to increase torque output (due to the added
mass), they produce 2-10 times more torque than the motors typically implemented in prosthetic
legs. The motor’s increased torque density allows us to implement transmission ratios 2-5 times
lower than comparable prostheses (Table 3.2). Transmissions amplify the torque produced by the
motors, and higher ratios will require more stages; transmissions generally have an efficiency of
70-98% per stage, depending on transmission type [116]. Additionally, the inertia reflected onto
the motor increases with the square of transmission ratio. Therefore, low transmission ratios are
important in prostheses because they improve efficiency, electrical power demands, size, and band-
width, ultimately impacting mass, battery size, controllability, and other factors [116, 117].
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Table 3.2: OSL specifications with comparison to other prostheses and the human body.
OSL MIT Vanderbilt Utah Humanh
Mass
(g)
Knee 2160-2330a 2700 2700e 1680 2616i
Ankle 1740 2000 2300 1045f 1959j
Height
(mm)
Knee 240 285 - 290 314i
Ankle 213 220 210 120 171j
Range of Motion
(°)
Knee 120 120 120 120 90
Ankle 30 45 65 55 60
Transmission Ratio
Knee 49 143 176 0-375 -
Ankle 58 ± 16b 170 116 50-800 -
Series Elasticity
(Nm/rad)
Knee ∼100-600 240 - - -
Ankle -c 1688e - - -
Peak Torque,
Continuous (Nm)
Knee 50d 40 - 39e -
Ankle 59 ± 16d - - - -
Peak Torque,
Instantaneous (Nm)
Knee 150c 120 85 125 90
Ankle 178 ± 49d 125 150 125 105
Peak Speed
(rad/s)
Knee 5.2 - - - 6.8
Ankle 5.6 - - - 5.4
Position
Bandwidth (Hz)
Knee 10-20 - - 7g 2k
Ankle 10-20 - - - 4k
Torque Constant
(Nm/A)
Knee 0.14 0.028 0.028 0.014 -
Ankle 0.14 0.060 0.053 0.014 -
Motor Constant
(Nm/W1/2)
Knee 0.182 0.044 0.044 0.023 -
Ankle 0.182 0.057 0.096 0.043 -
Bus Voltage
(V)
Knee 36 24 24 24 -
Ankle 36 24 24 24 -
- Not applicable/available
a Knee mass varies with SEA configuration
b See Fig. 3.6 for ankle transmission ratio profile
c The ankle does not have an explicit series elastic element; however, the carbon fiber foot provides some of the
benefits of series elasticity without the added size, complexity, or closed-loop torque control
d Estimated with torque constant, transmission ratio, continuous (10 A) and instantaneous (30 A) motor current,
and 90% efficiency at each transmission stage (73% overall efficiency)
e Estimated
f Does not include batteries or electronics
g 10° amplitude
h Assuming a 75 kg, 1.7 m tall subject walking on level ground or ascending/descending stairs
i Assuming 75% shank mass and height
j Assuming 25% shank plus foot mass and height
k Defined as the frequency range over which 70% of the total signal power is captured
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We designed the OSL through a multi-step design process which involved modeling human
joint biomechanics, transmission kinematics, mechatronics (including motor electrical and thermal
limitations), and the structural housing (Fig. 3.2, Appendix A). This was an iterative design process
with the overall goal of achieving able-bodied kinematics/kinetics while meeting the desired design
principles, minimizing prosthesis mass/volume, and satisfying mechatronic constraints.
3.3.1.2 Biomechanics
We began the design of the OSL by extracting the kinematic (e.g., angle, angular velocity, and
angular acceleration) and kinetic (torque) trajectories of the knee and ankle joints from the litera-
ture. The data we used included walking at slow, self-selected, and fast speeds, in addition to stair
ascent/descent, for 75 kg and 100 kg subjects [17].
Figure 3.2: Overview of the OSL design process. Able-bodied kinematics and kinetics provide
load requirements, which are transmitted into motor kinematic (voltage) and kinetic (current) re-
quirements. The final transmission, battery, and housing designs resulted from iterating to meet
speed, torque, electrical, thermal, mass, and size constraints.
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3.3.1.3 Transmission
We simulated the transmission and motor requirements for each of the knee and ankle prostheses
by incorporating the governing equations of SEAs and direct current (DC) motors, and using the
extracted biomechanical joint angles (θl) and torques (τl) as the desired load requirements [53,118].
The motor mechanical requirements for a given ambulation mode are:








where θm, τm, and Jm are motor angle, torque, and inertia, respectively; and are transmission
ratio and efficiency (assumed = 0.9 in each stage), respectively; and is the stiffness of the series
elastic element. Using Eqs. 3.1 and 3.2, we simulated a range of transmission ratios and stiffness
values (including infinite stiffness for the rigid configuration) for each of the ambulation modes;
these simulations helped determine the range of acceptable transmission ratios and series elastic
elements (Fig. 3.3). Based on these simulations, we selected target transmission ratios of 49:1 and
40:1-100:1 for the knee and ankle, respectively.
Timing belts serve as the primary torque transmission mechanism in the OSL; specifically,
we chose the recently-developed PowerGrip GT3 (Stock Drive Products / Sterling Instrument,
Hicksville, NY, USA) belts because they provide longer belt life, increased load-carrying capac-
ity, and quieter operation relative to other available belts [119]. Our overall goal when selecting
belt/pulley configurations was to minimize the volume of each stage while resisting tooth jump.
Tooth jump typically occurs with high torques or low belt tensioning, and is highly dependent on
transmission geometry (i.e., tooth profile, number of teeth of each pulley, number of teeth engaged,
pulley center-to-center distance, and belt width); however, there is little data available addressing
the relationship between transmission geometry and the torque that endangers tooth jump. Based
on the manufacturer’s documentation, we calculated conservative estimates of tooth jump torque
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Figure 3.3: Simulated motor speed-torque curves for the knee and ankle prostheses. a, Trans-
mission ratio simulation in a rigid configuration for self-selected walking. b, SEA simulation with
the OSL transmission ratios for self-selected walking. c, Ambulation mode simulation in a rigid
configuration using the OSL transmission ratios. Shaded area denotes the continuous operating
region.
(per mm belt width) for 2, 3, and 5 mm pitch GT3 belts to be approximately 0.19, 0.66, and 2.4
Nm/mm, respectively [119]; we used these torques to specify the minimum acceptable belt width
for each transmission stage. To select the final belt drive geometries, we performed an iterative
design process, investigating overall transmission volume, number of belt stages, pitch of each
belt stage, width of each stage, number of teeth engaged, ease of assembly, and availability of belt
lengths and widths; this process resulted in a 2 mm pitch stage followed by two 5 mm stages in
the knee, and two 3 mm stages in the ankle (Table 3.3). These belt drives were simulated to ensure
that the torques at each stage would not lead to tooth jump during ambulation (Fig. 3.4). The pul-
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Table 3.3: Transmission stage specifications.
Knee Ankle






Pitch (mm) 2 5 5 3 3 -
Input Pulley Teeth 16 14 14 17 17 -
Output Pulley Teeth 80 40 48 60 60 -
Transmission Ratio 5.00 2.86 3.43 3.53 3.53 -
Belt Teeth 92 50 60 72 72 -





Crank Length (mm) - - - - - 2
Coupler Length (mm) - - - - - 10
Rocker Length (mm) - - - - - 7
Frame Length (mm) - - - - - 10
Transmission Ratio - - - - - 3.44-8.75
Range of Motion (°) - - - - - 30.54
leys were machined from either 7075-T6 Aluminum or 17-4 PH stainless steel using subtractive
manufacturing, and the belts were purchased directly from the manufacturer.
In addition to a two-stage belt drive, the ankle prosthesis incorporates a four-bar linkage mech-
anism for torque transmission. We included the four-bar linkage instead of a third belt stage to
reduce the overall size of the prosthesis and directly couple motion of the linkage to motion of
the ankle joint and foot. To design the linkage, we began by simulating the range of motion and
transmission ratio of more than 3000 linkage configurations. The simulation varied the lengths of
the individual links, through integer values between 1 and 10 units, and constrained the range of
motion to a minimum of 20° angular distance between links to avoid singularities (Fig. 3.5). Using
these simulations, we explored a subset of linkage configurations while iterating through different
belt drive options, and selected the mechanism that provided the best combination of range of
motion, transmission ratio, and size (Fig. 3.5, Table 3.3). Increasing the range of motion of the
linkage requires increasing the transmission ratio and size of the belt drive; we chose to limit the
range of motion to 30° to reduce the overall size of the prosthesis. Unlike the knee, which has a
constant transmission ratio, the addition of the four-bar linkage resulted in a kinematically-varying
transmission ratio for the ankle (Fig. 3.6).
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Figure 3.4: Simulated belt drive torques for the knee and ankle prostheses. The expected
torques applied to the input pulleys of the belt drive stages are below the tooth jump torque across
all the simulated ambulation modes.
3.3.1.4 Series Elasticity
The OSL also incorporates selectable series elasticity: the knee functions either as a SEA—and
allows for modification of the series stiffness—or as a rigid actuator (Fig. 3.1) [100]. Selectable
series elasticity allows researchers to use the SEA for energy storage/return, shock tolerance, and
torque control, whereas the rigid actuator is simpler, lighter, and requires motor current to estimate
torque. Depending on the desired magnitude of the series stiffness element, up to six torsional
springs disks—each with a stiffness and mass of 97 ± 20 Nm/rad and 23 g, respectively—can be
stacked inside the knee’s transmission, resulting in a compact SEA without any added volume (Fig.
3.1).
Each spring disk is 4.3 mm thick and contains 24 radially cantilevered beams, with a maximum
29
Figure 3.5: Simulated range of motion and transmission ratio for various linkage configura-
tions. Design of the linkage required a trade-off between ankle range of motion and transmission
ratio. Filled yellow circle denotes the linkage implemented in the ankle prosthesis.
Figure 3.6: Ankle transmission ratio throughout the range of motion.
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deflection of 15°. At maximum deflection, the peak von Mises stress in the spring is approximately
250 MPa (half of 7075-T6 Aluminum’s yield strength). Torque measurement range increases with
series stiffness; depending on the number of springs used, the measurable torque range is 25-150
Nm. In contrast, torque measurement accuracy decreases with series stiffness; based on the joint
encoder’s resolution (0.02°), torque measurement resolution is 0.04-0.22 Nm, depending on the
number of springs used.
3.3.1.5 Mechatronics
Given the mechanical requirements in Eqs. 3.1 and 3.2, the brushed DC electromechanical model









where im, vm, Rm, and Lm are motor current, voltage, phase resistance, and phase inductance,
respectively; kt is the torque constant; and kb is the back-electromotive force (EMF) constant
(equivalent to the magnitude of kt in SI units). The current and voltage represent the q-axis current
and voltage of field oriented control, which enables a convenient analogue of the brushed elec-
tromechanical model. Using Eqs. 3.3 and 3.4, we simulated various motor-battery combinations.
Ultimately, the current and voltage demands (which are driven by the mechanical requirements)
determined the overall mechanical design, power supply, and motor selection.
We considered multiple motors for the OSL, including the 30 mm EC-4pole motor used in
the MIT and Vanderbilt knee prostheses (model: 305015, Maxon Motor, Sachseln, Switzerland)
and a high-torque, exterior rotor motor (model: U8-16, T-motor, Nanchang, Jiangxi, China) that
has shown promising results in other areas of robotics [38, 53, 105, 117, 120, 121]. The T-motor’s
motor constant km—which describes the motor’s ability to convert electrical energy to mechanical
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energy—is approximately 6 times higher than the EC-4pole’s motor constant (Table 3.2); that is,
the EC-4pole motor loses approximately 36 times more power than the T-motor for a given motor
torque (Fig. 3.7). However, since the EC-4pole motors are often coupled with larger transmission
ratios, they do not have to produce the same amount of torque as the T-motor. Therefore, we sim-
ulated the T-motor with the OSL knee’s transmission ratio and the EC-4pole motor with the MIT
and Vanderbilt knees’ transmission ratios to estimate the motors’ electrical power losses within a
prosthesis. After accounting for transmission ratio, the EC-4pole motor loses approximately 3-4
times more power to heat for a given knee torque, when compared to the T-motor (Fig. 3.7).
Figure 3.7: Motor and prosthesis efficiency comparison. Comparison of the (top) T-motor and
Maxon motor used in the MIT Clutchable Series-Elastic Actuator (CSEA) and Vanderbilt Powered
Leg (VPL), and of the (bottom) motors coupled to the transmission ratio used in their respective
prostheses [38, 53]. a, Torque-current relationship in the continuous (solid) and peak (dashed)
current regions. b, Electrical power loss (i2R) as a function of torque, assuming zero angular
velocity. c, Ratio of the EC-4pole motor’s power loss to the U8-16 motor’s power loss. d, Ratio of
the EC-4pole motor’s temperature increase to the U8-16 motor’s temperature increase.
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3.3.1.6 Housing
The OSL housing features a clamshell-style design, in which two halves are fastened together to
enclose the prosthesis components (Fig. 3.1). The clamshell housings—machined from 7075-T6
Aluminum—serve multiple purposes: they simplify the assembly process, reduce pinch points,
locate the shafts for the timing belt pulleys, and provide structural support for the OSL. The hous-
ings incorporate a system to properly tension the belt stages; appropriate belt tensioning ensures
that the transmission achieves maximum torque capacity and prevents tooth jump under load. The
housings also include mechanical hard stops to ensure that the OSL remains within a biomechan-
ically-appropriate range of motion. All moving transmission components—except for the knee’s
proximal pyramid and the ankle’s foot—are completely contained within the housing, preventing
user injury and protecting the transmission from dirt and debris during testing in outdoor envi-
ronments. The motors mount to the outside of the housings, allowing for convenient assembly,
removal, and troubleshooting. Finally, the housings include space for batteries and electronics,
creating a self-contained, portable prosthesis.
3.3.1.7 Embedded System
The OSL’s embedded system integrates the motor with a commercial version of the Flexible, Scal-
able Electronics Architecture (FlexSEA)—an open-source motor controller—in a compact, reli-
able platform [122,123] (Fig. 3.1). The embedded system implements low-level motor control and
field oriented control commutation; closes the feedback loops in the position, velocity, current, and
impedance controllers; and facilitates communication between the motor controller and external
computers/sensors, using most common communication protocols.
To control overall prosthesis behavior, researchers provide control commands (e.g., desired
position, desired current, controller gains, etc.) using their preferred hardware system (e.g., mi-
crocontroller, laptop computer) and an open-source Python or MATLAB interface (Fig. 3.8). A
graphical user interface (GUI) is also available to quickly test the system, tune controllers, and
display and save sensor data.
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Figure 3.8: Two possible embedded system configurations. High-level overview of electron-
ics, sensors, and power supplies, along with the type of communication between components. a,
The actuators are connected in parallel with a single-board computer (Raspberry Pi) via USB; this
configuration was used for the benchtop testing, with a single motor. This is the recommended con-
figuration because it does not require knowledge of specialized communication protocols; instead,
the embedded system handles the I2C and USB communications for the user. b, The actuators
are connected in series with a microcontroller, and the load sensor communicates with the micro-
controller via Controller Area Network (CAN) bus; this configuration was used for the clinical
testing.
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The OSL includes the following sensors: winding and bus electrical states, temperature, nine-
axis inertial measurement unit (IMU), a 14-bit motor encoder, and a 14-bit joint encoder (Table
3.1). An optional six-axis load cell can also be mounted to either the knee’s distal or the ankle’s
proximal pyramid adaptor (Fig. 3.1). Finally, the embedded system includes a number of features
to improve safety and reduce user error, including: over- and under-voltage protection, over-current
protection with programmable and physical fuses, and electrostatic discharge protection on the
inputs and outputs.
3.3.2 Benchtop Testing
We performed several benchtop tests to quantify the OSL’s performance in both the time and
frequency domains. We characterized closed-loop position and current controller performance,
open-loop torque controller performance, and tested the thermal response of the motor given a
constant current input. In these tests, and the dissertation as a whole, we report the q-axis current,
which is analogous to the DC current in the standard brushed electromechanical model [124].
A testing rig mechanically grounded the knee and ankle—and provided a reaction torque—
during the current control tests; during the position control tests, the joints were free to rotate
(Fig. 3.9). For these benchtop tests, we used a single-board computer (Table 3.1) to send the
desired current and position trajectories (via USB at approximately 750 Hz) to the Dephy actuator,
which subsequently performed low-level feedback control (Fig. 3.8). We tested the knee and ankle
separately, and did not test with series elasticity.
We quantified the OSL’s ability to track desired position and current commands by conducting
step response tests (Fig. 3.10). We commanded motor encoder steps corresponding to 5°, 10°,
and 15° steps at the joint, starting from the midpoint of the range of motion; we also commanded
current steps of 2 A, 4 A, and 6 A (peak phase current), corresponding to 0.8 A, 1.5 A, and 2.3 A
of q-axis current, respectively. We performed 5 trials for each condition.
To quantify the range of frequencies in which the OSL can track position and current com-
mands, we performed frequency response tests (Fig. 3.10). The position trajectories were Gaussian
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Figure 3.9: Benchtop testing setup. a, Knee closed-loop position controller testing; knee joint
is free to rotate. b, Knee closed-loop current controller and thermal response testing. c, Ankle
closed-loop position controller testing; ankle joint is free to rotate. d, Ankle closed-loop current
controller testing. e, Ankle open-loop torque controller testing. The dynamometer either locked
(static trials) or rotated (dynamic trials) the ankle joint while the prosthesis commanded open-loop
torque values. The external load sensor was used to measure output torque.
white noise signals—3rd order, 40 Hz low-pass filtered—scaled to ± 5°, 10°, and 15° amplitudes,
and centered at the midpoint of the range of motion; the current trajectories were also Gaussian
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Figure 3.10: Electromechanical and thermal benchtop testing. a, Test setup, step response, and
frequency response for the closed-loop position control system. The output of each joint was free
to rotate for these tests. The dashed lines represents the thresholds used to calculate bandwidth.
b, Test setup, step response, and frequency response for the closed-loop current control system.
The output of each joint was locked in place for these tests. c, Open-loop torque tracking of a
sinusoidal torque trajectory while the ankle prosthesis was mechanically grounded. d, Open-loop
torque tracking of a constant torque trajectory while the ankle prosthesis was sinusoidally rotated
through its range of motion. e, Thermal image of the knee prosthesis, without the embedded
system mounting plate, after providing the motor with a constant current of 8 A for 70 minutes.
The windings reach a steady-state temperature of 92 °C. f, Thermal image of the knee prosthesis,
with the mounting plate, after providing the motor with a constant current of 8 A for 70 minutes.
The windings reach a steady-state temperature of 83 °C. g, Simulated (bold) and experimental
(shaded) thermal response of the motor to a constant current of 8 A. Series elasticity was not
included in these tests.
white noise signals—3rd order, 200 Hz low-pass filtered—scaled to ± 0.8 A, 1.5 A, and 2.3 A
amplitudes, and centered at 0 A. The position trials lasted for 15 s whereas the current trials lasted
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for 60 s. We conducted 5 trials for each condition and constructed Bode plots using Blackman-
Tukey spectral analysis, where the auto-spectrum and cross-spectrum are divided in the frequency
domain [125]. Using the Bode plots, we calculated bandwidth as the frequency in which the mag-
nitude crossed -3 dB.
We estimated the ankle’s open-loop torque controller in both static and dynamic conditions
by rigidly mounting the ankle prosthesis to the Neurobionics Lab Rotary Dynamometer (Fig.
3.9). The dynamometer includes a frame-mounted motor (model: BSM90N-3150AF, Baldor, Fort
Smith, AR, USA) and a six-axis load cell (model: 45E15A4, JR3, Inc., Woodland, CA, USA). In
the static condition, the dynamometer locked the ankle at angles of -15°, -5°, and 5°, where nega-
tive values correspond to plantarflexion (PF) and positive values correspond to dorsiflexion (DF);
the ankle prosthesis—without torque feedback—tracked a ±40 Nm, 0.1 Hz sinusoidal torque tra-
jectory. In the dynamic condition, the dynamometer rotated the ankle through a 24°, 0.2 Hz si-
nusoidal angle trajectory; while being rotated, the ankle prosthesis—without torque feedback—
tracked constant torque values between 0-40 Nm. Each trial lasted 10 s, and we conducted 3 trials
in each condition.
To test the thermal behavior of the OSL we supplied the motor with a constant current of 8
A (6.5 A q-axis current) across two winding leads for 70 minutes using a power supply (model:
1688B, B&K Precision Corp., Yorba Linda, CA, USA), and measured the resulting change in
winding and housing temperature using a thermal imaging camera (model: ONE Pro LT, FLIR
Systems, Inc., Wilsonville, OR, USA). The T-motor is delta wound, meaning when current is
supplied between two leads, one phase has twice the current of the other two phases (Fig. 3.10).
Consequently, we estimated winding temperature as the weighted average of the more and less
powered windings. We subsequently modeled the thermal dynamics of the motor by simulating
the equivalent electrical circuit (Fig. 3.11) in Simulink [56, 126]. In this model, temperature and
heat flow are analogous to voltage and current, respectively; heat flow is equivalent to the thermal
power lost (Ploss) through the electrical resistance of the motor, which is a function of temperature:
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Figure 3.11: Equivalent electrical circuit used to model the thermal dynamics of the motor.






mRm,A(1 + αCu(Tw − TA)) (3.5)
where Rm,A is the motor electrical resistance at ambient (room) temperature, αCu is copper’s tem-
perature coefficient of resistance, and Tw and TA are winding and ambient temperature, respec-
tively. We used the measured temperature data to calculate the motor’s optimal thermal parameters:
winding-housing thermal resistance and capacitance (Rth,w and Cth,w), as well as housing-ambient
thermal resistance and capacitance (Rth,h and Cth,h).
Although we did not use series elasticity in the benchtop and amputee experiments, we did
characterize the stiffness of the elastic elements when included inside the knee output pulley (Fig.
3.1). We mounted the knee onto a six-axis load sensor (model: 45E15A4, JR3, Inc., Woodland,
CA, USA) and manually rotated the knee from 0° to 15° and back. We performed 5 trials each
for the following configurations: 0, 1, 2, 3, 4, 5, and 6 springs. We also locked the input shaft to
ensure that the knee’s rotation was due to spring deflection instead of belt drive motion.
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3.3.3 Clinical Testing
To test the OSL’s capability to restore gait, and demonstrate real-time impedance control on the
hardware platform, we used a previously-developed control approach [45]. We implemented lo-
comotion controllers for standing, level-ground walking, ramp ascent, ramp descent, stair ascent,
and stair descent using impedance control; the impedance parameters for each ambulation mode
regulated the current to the knee and ankle motors based on the desired torque [127]. The desired
motor current was determined by converting the desired joint torque τj , into motor current:
τj = −kj(θj − θ0j)− bj θ˙j (3.6)
where j corresponds to the knee or ankle joint, θ is joint angle (positive values represent knee
extension and ankle DF), and θ˙ is joint angular velocity. The three tunable impedance parameters
for each joint were virtual stiffness k, virtual equilibrium angle θ0, and virtual damping coefficient
b (Fig. 3.12). The desired joint torque was converted to desired motor torque using the transmission
ratio, and desired motor current was calculated using equation 3.3.
Within our tuning process, a finite state-machine divided all gait activities (except for standing)
into four sub-phases: early-to-mid stance, late stance, swing flexion, and swing extension; simple
logic based on mechanical sensors within the prosthesis (e.g., joint encoders, load sensor, etc.)
enabled progression through the state-machine. The standing mode controller only used two states;
the first was relatively stiff to support the weight of the body when the prosthesis was in contact
with the ground, and the second allowed the leg to swing freely when it was not in contact with the
ground.
For 60% of the states (across all ambulation modes), we held impedance parameters at tuned,
but constant values; for the remaining 40% of the states, we modulated the impedance parameters
according to one of the following control laws: (1) basing impedance parameters on values from
the previous state; (2) mimicking biological joint responses (i.e., modifying joint impedance as a
function of ankle angle); (3) modifying joint impedance as a function of knee angle; or allowing
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Figure 3.12: Tuned impedance parameters across five ambulation modes. Mean (bold) and
range (shaded) of virtual stiffness, equilibrium angle, and damping coefficient profiles for 3 sub-
jects, tuned for level ground, ramp ascent/descent, and stair ascent/descent.
users to control the rate of power generation/dissipation (i.e., modifying joint impedance as a func-
tion of (4) decreasing or (5) increasing prosthesis load). We discuss each of these approaches in
detail in our previous work [45]; these control strategies were used to reduce the number of inde-
pendent parameters required to tune the prosthesis and improve transitions between different types
of activities. This control scheme created an overall system response that allowed each subject to
walk safely, comfortably, and confidently. For these clinical tests, we used an embedded micro-
controller (Table 3.1) to perform high-level control (at approximately 40 Hz) and send the desired
current trajectories to the embedded system, which subsequently performed low-level feedback
control; the microcontroller and embedded system communicated via SPI (Fig. 3.8).
During the first visit, a certified prosthetist fitted and aligned the OSL to each subject, ensuring
suspension, comfort, and stability on the leg during standing. Next, subjects walked within a set of
parallel bars while we tuned the impedance parameters for level-ground walking. Subjects subse-
quently ambulated up/down stairs, and up/down ramps while we tuned the impedance parameters
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Table 3.4: Clinical ambulation goals and their performance metrics.
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gait pattern Visual inspection - Yes Yes Yes Yes
- Not applicable/available
a Able-bodied data in brackets
using a combination of visual inspection and feedback from the prosthetist, a physical therapist,
and the subjects (Fig. 3.12); tuning continued until a set of clinical ambulation goals—including
appropriate weight acceptance, plantarflexion, knee power, swing clearance, step length, walking
speed, and minimal upper extremity support (Table 3.4)—were met, and the prosthetist, therapist,
and subjects were satisfied with the OSL’s performance [45]. This visit lasted approximately 2-3
hours.
During the second visit, subjects performed a series of ambulation circuits that included all
of the following activities: standing, walking, stair ascent, stair descent, ramp ascent, and ramp
descent, as described in prior work [46, 71]. The circuit included seamless transitions between
activities, achieved using a mobile phone that communicated with the embedded controller [44].
Seamless transitions within the experiment included: standing to walking, walking to standing,
walking/standing to stairs, stairs to walking/standing, walking to ramps, and ramps to walking. We
instructed subjects to ambulate at a comfortable speed and recorded data using the OSL’s on-board




In addition to this chapter, we have developed a companion website (www.opensourceleg.
com) with detailed, step-by-step guides to order parts, videos to build and test the hardware, and
code to begin walking with the OSL using a preliminary control system (see Discussion for more
details).
To ensure that the OSL is accessible by researchers from diverse backgrounds (e.g., controls,
biomechanics, clinical, etc.), we abided by the following design principles:
1. Simple: the OSL can be assembled, controlled, and maintained with moderate ‘hands-on’
skills. To this end, we reduced the number of components and suppliers; the vast majority of
parts are machined from a single supplier, without dependencies on other precision machine
components or mechanisms (Appendix A).
2. Portable: the OSL weighs less than the biological counterpart, and each joint has on-board
batteries, sensing, and control, facilitating research outside of the laboratory.
3. Scalable: the knee and ankle joints can operate independently, enabling research with both
above- and below-knee amputees.
4. Customizable: the OSL includes several design and control features that can be customized,
depending on the specific requirements of the researcher, including the knee’s series elastic
element, foot type, and inclusion of a load cell, among other options.
5. Economical: the OSL costs approximately $10,000-$30,000 in prototype quantities, depend-
ing on degrees of freedom and sensing options, given today’s manufacturing and material
costs. In contrast, commercially available powered prostheses—such as the Ottobock em-
POWER Ankle and the Ossur POWER KNEE—cost up to $100,000 each, without access to
control modifications.
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The intent of our design was to provide the highest performance, while facilitating ease-of-
use, as well as reducing mass and cost. We implemented brushless electric motors from the drone
industry because their efficiency and torque density permitted lower transmission ratios, enabling
the use of timing belt drive transmissions, instead of more expensive or complex alternatives that
can have substantial product lead times and cost (e.g., harmonic drives, roller screw transmissions)
(Fig. 3.1). Additionally, the OSL takes advantage of an open-source motor controller and embed-
ded system, allowing researchers to focus on mid- and high-level control strategies, rather than
developing low-level controllers and communication protocols. The OSL actuators have built-in
position, current, and impedance controllers, along with an IMU, and a motor encoder. Together
with Python and Matlab interfaces, the actuators allow researchers to quickly begin control inves-
tigations with the OSL.
Portability and scalability are important characteristics enabling the OSL to be tested in various
environments and by users with different levels of amputation. The OSL’s low mass and compact
power supply enable research beyond typical lab-based treadmill tests. The OSL is shorter than
the 4th percentile and lighter than the 16th percentile male shank and foot [16,128]. The housings
completely encompass the transmissions, batteries, and most of the electronics, reducing the risk
of contamination or injury. Finally, the knee and ankle have independent embedded control hard-
ware and batteries, allowing researchers to work with either the entire leg or a single joint. The
portability and scalability of the OSL provide the capability to investigate control strategies with
both above- and below-knee amputees in indoor and outdoor environments.
Customization options enable the OSL to be suited to the individual uses of each researcher.
The knee functions either as a SEA or rigid actuator, and the stiffness of the series elasticity can be
selected by the researcher using custom 100 Nm/rad spring disks (Fig. 3.1). The springs fit inside
of the belt drive’s output pulley; therefore, the SEA configuration does not change the OSL’s
volume. Although the ankle does not include a specific series elastic element, it can integrate
with either a compliant commercial foot or a rigid flat foot. The ankle has a maximum range of
motion of 30°. In the default OSL configuration, this corresponds to 20° of PF and 10° of DF.
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By redesigning one component in the ankle, the amount of PF and DF can be modified, within
the 30° range; for example, we have also made a version with 15° PF and 15° DF. The ability
to change the ankle’s operating region provides researchers with additional customization based
on their specific needs. In addition to hardware customization, researchers have multiple options
for high-level control implementation. For example, we used two different embedded computers
(Raspberry Pi 3 vs. Texas Instruments DM3730) and communication protocols (USB vs. SPI) to
control the motors in the benchtop and clinical tests (Fig. 3.8, Fig. 3.8). The OSL also functions
with other high-level control schemes (e.g., MATLAB/Simulink, Robot Operating System, etc.)
and external sensors (e.g., EMG, additional IMUs, etc.).
3.4.2 Benchtop Testing
To facilitate the success of future researchers who may use the OSL, we completed electrome-
chanical and thermal performance testing using a benchtop setup. We tested low-level closed-loop
position and current control, open-loop torque control, and also tracked the OSL’s temperature
increase during 70 minutes of continuous operation. Motor current is often used in prostheses to
estimate output torque, and the current controller’s performance is critical for open-loop torque
and impedance control. The knee joint’s series elasticity was not included in these tests; that is,
the knee operated as a rigid actuator.
We characterized the performance of the two primary closed-loop controllers (position and
current control) on the OSL. A step response test was used to quantify the OSL’s ability to track
changes in desired position and current reference values; frequency response tests estimated the
bandwidth—the range of input frequencies that the OSL can track with high fidelity—of the low-
level position and current controllers. The position and current controllers exhibit fast and accurate
step responses, with bandwidths of 10.7-20.2 Hz and 86.8-107.4 Hz, respectively (Fig. 3.10, Table
3.2). Although we did not quantify torque bandwidth, we expect it to be much lower than the
current control bandwidth, due to the dynamics of the transmission. Further results on the closed-
loop controller performance can be found in our previous work [1].
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Measuring torque is challenging in wearable robots because torque sensors with sufficient ca-
pacity can be large and heavy. Many groups instead use motor current as a substitute for output
torque, resulting in an open-loop torque controller [38, 45]. We quantified open-loop torque con-
trol performance using the ankle prosthesis; that is, these tests were accomplished without torque
feedback. In the static condition, the ankle tracked a ±40 Nm sinusoidal torque trajectory while
locked in placed (Fig. 3.10). In the dynamic condition, the ankle was sinusoidally rotated through
most of its range of motion (16° PF to 8° DF) while tracking constant torques of 0, 20, and 40 Nm
(Fig. 3.10). The root-mean-square error (RMSE) for torque tracking across the static and dynamic
trials ranged from 4.4-7.4 Nm.
The heat generated by an electric motor ultimately limits the torque it can generate, and how
long it will operate safely. Therefore, we quantified the thermal response and developed a ther-
mal model of the motor and OSL to a current step input of 8 A (Fig. 3.10). Starting from an
ambient temperature of 25 °C, the motor windings reached a steady-state temperature of 92°C;
after adding an additional housing (mounting plate for the embedded system), the windings and
housing reached steady-state temperatures of 83 °C and 64 °C, respectively. That is, the embed-
ded system—which behaves as a heatsink—improved the thermal response by 16%. Using this
data, we developed a thermal simulation, which predicts that the motor can operate at its continu-
ous (10 A) and peak (30 A) current limits—corresponding to approximately 50 Nm and 150 Nm
of joint torque (Table 3.2)—for 513 s and 17 s, respectively, before reaching potentially unsafe
temperatures (set at 125 °C).
3.4.3 Clinical Testing
The OSL was tested clinically to highlight its kinematic and kinetic capabilities in a real-world
setting, demonstrate patients successfully ambulating with it, and provide biomechanical and con-
trol data to serve as a benchmark for future researchers. We conducted clinical testing with three
individuals with unilateral transfemoral (above-knee) amputations (Table 3.5, Fig. 3.13, Appendix
B) who did not have prior experience with the OSL, but did have prior experience ambulating with
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TF1 F 51 29 Traumatic 61.7 1.65 K3 Rheo
TF2 M 33 2 Sarcoma 63.1 1.77 K3 Genium
TF3 M 70 44 Traumatic 86.2 1.75 K3 C-Leg
other powered leg prostheses [38]. We implemented an impedance-based control system to enable
different locomotion activities within a rehabilitation hospital [45]. Each subject provided written
informed consent, approved by the Northwestern University Institutional Review Board.
Figure 3.13: Subjects with a transfemoral amputation ambulating with the OSL.
During ambulation, the OSL produced the desired joint torques (based on motor current); the
RMSE between desired and actual current ranged from 0.5-2.9 A per step, with peak currents
ranging from 5-25 A. The subjects successfully ambulated through a circuit that included level
ground walking, ramp ascent/descent, and stair ascent/descent (Fig. 3.14). We quantified clinical
47
success with a set of clinically relevant ambulation goals, developed by a physical therapist [45];
these goals were evaluated using the timing and magnitude of different kinematic and kinetic vari-
ables, along with visual inspection (Table 3.4). During level ground and ramp ambulation, the OSL
achieved heel strike with an extended knee (0.5 ± 0.7°) and exhibited 7.4 ± 2.0° of controlled PF
during early stance. The timings of push-off and knee extension were within 3.0 ± 2.7% and 6.0 ±
6.2% of able-bodied timing, respectively; additionally, the PF torque at push-off was 92.0 ± 23.4%
of able-bodied torque. To enable swing clearance, the OSL produced 85.6 ± 7.8% of able-bodied
knee flexion and 14.3 ± 10.1° of DF. Across all ambulation modes, the peak vertical ground reac-
tion force (GRF) on the prosthetic side was 92.5 ± 17.2% of able-bodied GRF. Finally, subjects
successfully ascended and descended stars with a reciprocal gait pattern. Subjectively, subjects
noted during ambulation that the leg felt supportive, responsive, and smooth.
3.5 Discussion
This study describes the design, implementation, and characterization of an open-source robotic
knee-ankle prosthesis, and demonstrates control with three subjects with transfemoral amputations
successfully ambulating with the leg on level ground, ramps, and stairs. The OSL is intended to
be a simple, portable, scalable, customizable, and economical hardware platform for development
and evaluation of control systems, both in and out of the laboratory (Fig. 3.1, Appendices A
and B). Through the OSL, we hope to reduce the amount of time and resources needed to pursue
prosthetics research, enable fair comparison between different control systems, and provide a long-
term, multi-study hardware platform to accelerate progress in the field of powered prosthetic legs.
3.5.1 Facilitating Controls Research
To simplify usage and accelerate adoption of the OSL, we developed a companion website: www.
opensourceleg.com, a powerful resource we hope will be a standard for open-source robotic
hardware dissemination. The website includes solid model files, a bill of materials, links to sup-
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Figure 3.14: OSL kinematics and kinetics across five ambulation modes. Mean user and able-
bodied joint angles, moments, and vertical GRFs for level ground, ramp ascent/descent, and stair
ascent/descent. Joint torques are normalized by subject mass and GRF is normalized by subject
weight.
pliers, control system code, instructional guides, videos on assembly/disassembly, and any other
relevant information to improve the usability of the OSL. The content on the website provides the
necessary documentation and videos to guide new users through the steps required to 1) purchase
the required machined and off-the-shelf components, 2) assemble/disassemble the OSL, 3) connect
and communicate with external sensors, 4) perform benchtop controller experiments, and 5) begin
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walking on level-ground with a simple impedance controller. Furthermore, we have developed an
online forum to allow researchers to post questions, results, or independently developed modifica-
tions. Together, these tools will help researchers use the OSL and encourage a more collaborative
community focused on transforming amputee quality of life.
One of the greatest challenges to performing research with powered prostheses is developing
reliable and robust mechatronic and embedded systems. We included embedded electronic systems
that automatically implement sensing, motor commutation, low-level control, communication with
other devices, and safety protocols. By providing a built-in embedded system with the OSL, we are
enabling researchers to focus on clinical testing and development of higher level control strategies
instead of low-level embedded systems engineering and mechatronics. As an open-source tool, the
OSL is also capable of integrating with other sensors and peripheral systems. For example, some
users may be interested in adding EMG (to measure muscle activity), force-sensitive resistors
(pressure on the residual limb), or cameras (environment classification) to the OSL; others may
be interested in providing real-time stimulation and sensory feedback directly to the user [115].
Although we do not currently use these systems with the OSL, they can be integrated quickly if
they are compatible with Python or MATLAB, using the open-source embedded system; more
advanced systems may require further expertise. Researchers are encouraged to share their sensor
systems and solutions on the OSL website, to help accelerate other groups.
Through this chapter, we are also providing a baseline dataset for future controls research.
This dataset includes prosthetic leg kinematics and kinetics for level-ground walking, ramp as-
cent/descent, and stair ascent/descent, along with the impedance control parameters used. These
data may serve as a starting point for researchers to test a clinically meaningful controller, or as a
comparison point for novel control systems. Importantly, since this dataset encompasses multiple
ambulation modes, it will enable testing in unstructured, uncontrolled environments much faster.
The data will be hosted on the project’s website (www.opensourceleg.com).
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3.5.2 Design Benchmarks and Limitations
Prosthesis mass and size play a critical role in the success of these systems. Heavy prostheses
require higher metabolic expenditure from the user [99]; this effect increases as the mass moves
distally (i.e., towards the ankle). Additionally, as the build height of a prosthesis increases, fewer
users can wear the leg; that is, if the prosthesis is too long, it will not fit below the residual limb.
Therefore, it is critical to design lightweight and short prostheses. The OSL ( 4000 g) is lighter
than most comparable prostheses (Table 3.2). The minimum build height of the OSL ( 450 mm)
is also comparable to the build height of other prostheses. Finally, the OSL is lighter and shorter
than the foot and shank of a 75 kg, 1.7m tall adult (Table 3.2).
A limitation of the OSL is the ankle joint’s range of motion (Table 3.2). During most ambula-
tion tasks, the biological ankle remains within 10º of DF and 20º of PF, as in the OSL; however,
some subjects require a range of motion of 45-60º during stair descent [17,129]. Many other pros-
thetic ankles have a range of motion of 45-65º. The OSL ankle’s 30º range of motion is limited
by the kinematics of the four-bar linkage, and could be improved by decreasing the ankle’s trans-
mission ratio or using a different transmission design (Fig. 3.5). However, amputees with passive
prostheses can typically only achieve 10-15º during stair descent [130]; therefore, although the
OSL ankle does not achieve the full biological range of motion, it provides a substantial improve-
ment over passive prostheses. The OSL knee’s range of motion is equal to other prostheses (120º),
and is much higher than needed for typical ambulation tasks (70-90º) (Table 3.2).
Transmission ratios determine prosthesis size, electrical demands, efficiency, performance,
and other factors. Using the high-torque drone motors, we reduced transmission ratios to 2-5
times lower than comparable prostheses (Table 3.2). The combination of high-torque motors and
low transmission ratios enables the OSL to produce peak torques similar to other systems, while
demonstrating higher bandwidth. For example, the OSL’s position bandwidth is approximately 5
times higher than the bandwidth of the biological knee or ankle; that is, the OSL is capable of
recreating the human kinematics and kinetics (Table 3.2). The motors on the OSL have an overall
winding-ambient thermal resistance of 3.9 K/W, compared to the 7.6 K/W thermal resistance of
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motors used in other prostheses [38, 53]. In addition to being 3-4 times more electrically efficient
than these prostheses, the OSL’s motors produce 5-8 times less heat at steady-state, for a given
joint torque (i.e., after accounting for their respective transmission ratios) (Fig. 3.7).
The OSL is capable of locomotion for extended periods using the recommended batteries (36
V/950 mAh). During level ground walking, the knee and ankle operate with an average power
consumption of 9.3 W and 11.2 W, respectively, and the electronics operate at approximately 1-2
W. Given the energy in the batteries (34.2 Wh), a user could walk continuously for approximately
2.8 hours, 13.1 km, or 8,750 strides (i.e., 17,500 total steps) on a single charge, assuming consistent
power consumption, a walking speed of 1.3 m/s, and cadence of 104 steps/min14. The batteries
lasted for the entire duration of our experiments (three hours). On average, lower-limb amputees
walk approximately 6,000 steps/day, and healthy able-bodied adults are considered active if they
walk at least 10,000 steps/day [131,132]. Therefore, the OSL batteries have sufficient capacity for
lab sessions and, potentially, daily ambulation.
3.5.3 Clinical Testing
All subjects in this study successfully ambulated on level ground, ramps, and stairs using the OSL,
with all control parameter trajectories provided for reference (Figs. 3.12, 3.13, 3.14, Appendix B).
While walking on level ground and ramps, subjects achieved plantarflexion during early stance,
controlled dorsiflexion during mid-stance, and powered push-off in late stance. Subjects success-
fully descended ramps and stairs with a reciprocal gait pattern by taking advantage of stance-phase
knee flexion; during stair ascent with a reciprocal gait, subjects relied primarily on knee extension
to propel themselves up and forward.
Across most ambulation modes, joint angle and torque trajectories followed similar timing and
amplitude patterns to able-bodied data [17, 129, 133]; however, there are notable differences. For
example, subjects did not demonstrate early-stance knee flexion during level ground walking (Fig.
3.14). At heel contact, transfemoral amputees often pull back with their hip extensors to lock their
prescribed, passive knee prosthesis into knee extension to prevent buckling and injury from falling;
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due to this habit, the subjects overrode the impedance controller’s natural dynamics in favor of an
extended knee joint. Additionally, subjects relied primarily on the knee to ambulate up and down
stairs; the ankle provided little torque and only rotated through approximately 30% of its range of
motion.
It is important to note that the OSL is capable of producing early-stance knee flexion and an-
kle power across all ambulation modes; however, the subjects exhibited compensatory movement
based on their daily ambulation strategies with a passive prosthesis. We can overcome these com-
pensatory motions through training (not shown), or by tuning the controller to recreate able-bodied
kinematics and kinetics, but that was not the goal of this demonstration. We chose to not train the
patients to overcome their compensatory strategies because they needed to return to their daily-use
prosthesis after the experiment; we had concerns that such training on the OSL might lead to a fall
when they returned to their daily-use device, which did require compensatory strategies. Instead,
we tuned the OSL to meet a set of clinical ambulation goals (Table 3.4). Overall, our implementa-
tion succeeded in performing similarly to walking with the Vanderbilt Powered Leg using a similar
impedance controller [45].
3.6 Summary
In this chapter, we present the design and mechanical, electrical, and thermal evaluation of an
open-source robotic knee-ankle prosthesis, and demonstrate subjects utilizing the prosthesis across
a range of activities, while providing controller parameters for reference. Future work includes
advancement of the embedded systems, implementing the SEA for closed-loop torque control,
and development of bio-inspired impedance control policies [84, 134]. We will also produce an
open-source version of our high-level controller that runs on a desktop or mobile device, providing
researchers with a simple method of manually/automatically switching between ambulation modes
and testing in non-steady-state conditions.
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Chapter 4
Characterizing Open-loop Control and Efficiency in
Wearable Robots
4.1 Abstract
Traditionally, bionic legs and exoskeletons were designed with low-torque, high-speed motors and
high transmission ratios; however, recent designs have begun to incorporate high-torque, low-
speed, exterior-rotor motors and lower transmission ratios. These motors recently emerged from
the drone industry and have the potential to improve the performance—and impact—of wearable
and mobile robots. Due to these motors’ relative novelty in the field of robotics, there is insufficient
characterization of their performance, particularly when coupled to a transmission. In this study,
we conducted a series of experiments to quantify and improve the performance of actuators that
use high-torque motors and low transmission ratios, including the motor used in the OSL and
two actuators being developed for a knee exoskeleton. First, we developed system identification
techniques to characterize the output impedance (i.e., stiffness and damping) of these actuators
operating in open-loop impedance control; open-loop impedance control is common in bionic
systems because measurement of output torque—which is needed for feedback—requires large and
heavy sensors or springs. Second, we characterized the actuator-drive efficiency of these devices
across various power regimes, and during both positive and negative work. Understanding how
efficiency changes across current-voltage conditions informs us how to most efficiently operate
these actuators in a wearable robot. Finally, we tested open-loop torque control and characterized
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the mechanical efficiency of the actuator transmissions. With these characterization experiments,
we can compensate for transmission losses and render more accurate open-loop control. This
work motivates the need, and provides a framework, for more thorough characterization of output
dynamics in robotic systems with open-loop control strategies.
4.2 Introduction
Wearable robotic leg systems—like bionic exoskeletons and prostheses—have the potential to aug-
ment, assist, or restore gait in users. As tools used in ambulation, they should be lightweight,
efficient, and portable, providing torque in a safe and comfortable manner. Traditionally, these
bionic systems were designed with high-speed, low-torque motors coupled to highly-geared trans-
missions. Prosthesis transmission ratios have spanned 150-800:1 (Table 3.2) [36,38,53,56,66–68];
similarly, exoskeleton and orthosis transmission ratios have spanned 64-400:1, with higher ratios
used to assist patients with paralysis, stroke, and other impairments [30,135–140]. Although many
of these devices have successfully assisted users, they have several drawbacks; typically, highly-
geared systems are inefficient, complex, large, heavy, loud, and difficult to backdrive.
The drone industry recently expanded motor technology with high-torque, low-speed motors
that do not require transmissions (i.e., direct-drive); these exterior-rotor brushless DC (ER-BLDC)
motors are useful in autonomous aerial vehicles because they are lighter, quieter, and more effi-
cient than motors with high transmission ratios. Wearable robotic systems and aerial vehicles face
similar constraints, so recent bionic systems have begun to incorporate ER-BLDCs with trans-
mission ratios spanning 7-50:1 [1, 2, 49, 50, 141, 142]. Unfortunately, the rapid development and
adoption of ER-BLDC motors has not been accompanied with rigorous electromechanical charac-
terization and testing, in part, due to the challenges controlling these motors [122–124]. Recently,
our research group performed the first in-depth characterization of these types of motors, which
are being used in multiple bionic legs [1, 2, 49, 124]; however, the effects of transmissions on
ER-BLDC performance—specifically on efficiency—are not well understood.
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A major challenge in wearable robotics—in which ER-BLDC systems may help—is imple-
menting open-loop control. Closed-loop torque and impedance control systems require a torque
signal to close the feedback loop; however, torque sensors are generally too large and heavy to
include in a wearable robot. Alternatively, some designs incorporate SEAs, which can estimate
output torque via a spring’s deflection [36, 53, 135, 140]; however, SEAs also add size, mass, and
complexity, leading many groups to adopt open-loop impedance control strategies. This is typ-
ically achieved with closed-loop control around motor current; motor torque is estimated from
motor current using the torque constant (kt) and output torque is subsequently measured using a
model of the transmission. In some cases, analysis and characterization is used to build high-fi-
delity models of the transmission dynamics to estimate output torque [38]; however, most groups
simply multiply motor torque by the transmission ratio (and occasionally an efficiency term) to
estimate output torque [1, 2, 45]. The low transmission ratios associated with ER-BLDC motors—
which use simpler and more efficient transmissions—may enable reliable open-loop impedance
control; however, open-loop impedance control has not been investigated in ER-BLDCs.
In this study, we performed a series of experiments to characterize ER-BLDC motors coupled
to low transmission ratios, including those currently being used in both prostheses and exoskele-
tons [1, 2]. We tested a direct-drive ER-BLDC motor, and the same motor coupled to 6:1 and
9:1 planetary gear transmissions. First, we developed a system-identification process to estimate
the output impedance rendered by open-loop impedance controllers, and used the estimates to im-
prove the performance of the open-loop impedance controllers. Second, we expanded upon our
group’s previous work characterizing direct-drive ER-BLDCs [124]; we empirically determined
the actuator-drive efficiency—the ability to convert bus (battery) power to mechanical power, and
vice versa—for these systems across a range of torque-speed regimes. Finally, we performed open-
loop torque step response tests and characterized the transmission efficiency—the ability to convert
motor torque to output torque through a transmission—of these actuators in static conditions. Our
work highlights the need to characterize the output dynamics of actuators using open-loop control,
investigate the efficiencies of wearable robotic systems (particularly in the relevant torque-speed
56
regimes), demonstrates the effects of transmission losses, and proposes system identification meth-
ods for accurate characterization of robotic systems under dynamic conditions.
4.3 Methods
4.3.1 Overview
We used two of the same class of high-torque exterior rotor motors—each with a torque constant
(kt) of 0.15 N·m/A—across all experiments (models: U8/U8 Lite KV100, T-motor, Nanchang,
Jiangxi, China). These motors were originally developed for drones, and have gained popularity
in other areas of robotics [105,117,120,121]; however, since they are relatively new, these motors
lack systematic characterization of their specifications and control capabilities [1, 2, 124].
In Experiment 1, we characterized the open-loop output impedance of the standalone U8 motor
(direct-drive), along with the U8 Lite motor coupled to 6:1 (model: AK80-6) and 9:1 (model: A80-
9) planetary gear transmissions (Table 4.1). These geared actuators were designed for lightweight,
mobile robots, and are being considered in a new knee exoskeleton. In Experiment 2, we character-
ized the actuator-drive efficiency across a variety of power regimes on all these systems. Finally,
in Experiment 3, we performed step responses with open-loop torque control and subsequently
characterized the transmission efficiencies to estimate transmission losses.
Across all experiments, the actuators were controlled by the FlexSEA, a motor driver and em-
bedded system developed for wearable robotic applications [122,123]. FlexSEA implements Field
Oriented Control commutation for the 21 pole pairs and can operate under closed-loop position,
voltage, or current control. FlexSEA also operates under open-loop impedance control (Fig. 4.1);
Table 4.1: Summary of actuators used in each experiment.
Actuator Transmission Type Transmission Ratio Application
U8 KV100 Direct-drive 1:1 Prosthesis
AK80-6 Planetary 6:1 Exoskeleton
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Figure 4.1: Block diagram for the impedance controller. The open-loop impedance controller
takes in motor kinematics (θm, θ˙m)—which are affected by output kinematics (θl, θ˙l) and the trans-
mission dynamics—and outputs a desired motor current for the closed-loop current controller.
Motor current results in motor torque (τm), and ultimately in unmeasured output torque (τl).
the output of the impedance controller is a desired motor current (idm)—corresponding to a desired
motor torque (τm)—which subsequently becomes the input to the closed-loop current controller.
This is open-loop control because there is no measurement of the actuator’s output torque (τl) to
close the control loop. The impedance and position controllers operate at 1 kHz whereas the current
controller operates at 10 kHz. We used a single-board computer (model: Raspberry Pi 3, Rasp-
berry Pi Foundation, Cambridge, UK) to sample data and send the desired control commands—via
USB at 250-300 Hz—to the FlexSEA drivers, which subsequently performed low-level control.
4.3.2 Experiment 1: Open-loop Impedance Control
We estimated the actuators’ output impedance using a benchtop setup that rigidly coupled two ac-
tuators to a torque sensor, such that they rotated together (Fig. 4.2). The direct-drive actuators were
tested with a ±5 N·m torque sensor (model: TRS605, FUTEK Advanced Sensor Technology, Inc.,
Irvine, CA, USA) whereas the geared actuators were tested with a ±50 N·m torque sensor (model:
TRS600, FUTEK Advanced Sensor Technology, Inc., Irvine, CA, USA). The driving actuators
provided position (angular) perturbations to identify the output stiffness and damping properties
of the driven actuators, which operated in open-loop impedance control. In this experiment, each
actuator was powered by a separate 36 V battery.
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Figure 4.2: Example setup for the actuator characterization experiments. Across Experi-
ments 1 and 2, the driving and driven actuators were rigidly coupled with a torque sensor. In
Experiment 1, the driving actuator provided position perturbations while the driven actuator op-
erated in impedance control. In Experiment 2, the driving actuator typically operated in voltage
control while the driven actuator operated in current control. In Experiment 3, the driving actuator
produced open-loop torque step commands and the driven actuator was replaced with a mechanical
ground.
4.3.2.1 Experiment 1A: Direct-drive Impedance
To estimate the U8 motor’s output impedance, the driving motor provided Gaussian white noise
perturbations—3rd order, 25 Hz low-pass filtered—scaled to ±60◦ amplitudes while the driven
motor commanded desired stiffness (kd) and damping (bd) values from: {0, 1.5, 3, 4.5, 6}x10−3
N·m/deg and {0, 1, 2, 3, 4}x10−4 N·m·s/deg, respectively. We conducted five 30-second trials for
each condition (125 total trials).
4.3.2.2 Experiment 1B: Exoskeleton Actuator Impedance
To estimate the geared actuators’ output impedance, the driving actuator provided Gaussian white
noise perturbations—3rd order, 20 Hz low-pass filtered—scaled to ±10◦ amplitude while the
driven actuator commanded the same kd and bd values from Experiment 1A. When amplified
through the actuators’ transmissions—that is, multiplied by N2—these impedance values result in
desired output stiffness and damping values of approximately 0-0.5 N·m/deg and 0-0.03 N·m·s/deg,
respectively (assuming no losses in the transmission). These output impedance values cover the
range of values typically used in lower-limb exoskeletons [31, 84, 134, 143–151]. We conducted
five 60-second trials for each condition (125 total trials per actuator).
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4.3.2.3 Analysis
Before performing system identification, we verified data quality through the power spectral den-
sity (PSD) of the input and output signals, as well as the input-output cross-correlation and co-
herence. We subsequently performed non-parametric system identification using Blackman-Tukey
spectral analysis [125]; we divided the input-output cross-spectrum by the input auto-spectrum in
the frequency domain and used a Hann window with a frequency resolution of 0.002 Hz. This
spectral analysis resulted in a non-parametric transfer function, GSPA(s), which is represented by
a Bode plot describing the frequency response of each impedance controller condition (Fig. 4.3).




= Is2 + bs+ k (4.1)
where T is torque, Θ is angle, I is inertia, b is damping, and k is stiffness (Fig. 4.3). To obtain
physical estimates of stiffness and damping, we implemented an optimization routine (using MAT-
LAB’s fmincon function) to minimize the difference between the frequency responses of GSPA(s)






∣∣ |GSPA(jω)| − |G(jω)| ∣∣+Wφ∣∣∠GSPA(jω)− ∠G(jω)∣∣] (4.2)
where ω is frequency, ωr is the frequency range for optimization (ranging from 13 - 25 Hz depend-
ing on the experiment), WM is a gain on the absolute difference between the magnitudes of the
transfer functions, and Wφ is a gain on the absolute difference between the phases of the transfer
functions. We manually tuned WM and Wφ to 0.9 and 0.1, respectively.













where, t is time, tf is length of each trial, τ is measured torque, and τe is the estimated torque that
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Figure 4.3: Representative Bode plots resulting from system identification. Bode plots corre-
spond to the desired system (given by kd and bd), the non-parametric transfer function (GSPA(s)),
and the optimized parametric transfer function (G(s)).
would be produced by the optimized impedance parameters subject to same angular displacements,
velocities, and accelerations (filtered) from each trial:
τe(t) = Iθ¨(t) + bθ˙(t) + kθ(t) (4.4)
We completed this analysis procedure for each trial in all experiments.
In Experiment 1A, the input signal was motor angle, measured by the motor’s 14-bit encoder
(model: AS5047P, ams AG, Premstaetten, Austria); the output signal was motor torque, measured
by the torque sensor. The primary outcome of Experiment 1A was motor stiffness (km) and damp-
ing (bm). In Experiment 1B, the input signal was actuator angle, measured by the motor’s encoder,
then multiplied by the actuator’s transmission ratio; the output signal was actuator torque, mea-
sured by the torque sensor. The primary outcome of Experiment 1B was actuator stiffness (ka) and
damping (ba).
Statistical testing included an analysis of variance (ANOVA) with kd and bd as fixed factors;
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ANOVAs for dependent variables km and bm (Experiment 1A), or ka and ba (Experiment 1B) were
performed independently. Two-sample t-tests with Bonferroni corrections were used for individual
comparisons when necessary. All statistical tests assumed significance at α = 0.05.
4.3.3 Experiment 2: Actuator-drive Efficiency
Actuator-drive efficiency—the ability to convert bus (battery) power to mechanical power—is crit-
ical in wearable robotics applications; actuator-drive efficiency varies with the current-voltage
(torque-speed) regime of operation, so understanding an actuator’s regions of high and low effi-
ciency helps ensure that it operates at the best conditions possible. This experiment builds upon
previous work estimating the efficiency of the standalone U8 motor [124].
We estimated the actuators’ efficiency using a benchtop setup similar to Experiment 1 (Fig.
4.2). The driving actuators operated in positive power while the driven actuators operated in neg-
ative power; this was accomplished by operating one motor in voltage control and the other in
current control, both in steady-state. In contrast to Experiment 1, both actuators were powered by
a common 36 V battery (instead of separate batteries for each).
We performed tests across a wide range of power regimes (current-voltage conditions). The
voltage-controlled motor operated at commanded open-loop voltages, vcm, between 0 and 39.2
V (2.4 V intervals); the current-controlled motor operated at desired closed-loop currents, icm,




m ≤ 62 (4.5)
ensuring that the current sensor on board the actuator did not saturate.
For all actuators, we conducted a single trial at each of 379 voltage-current combinations; each
trial resulted in 2 measurements of efficiency (driving and driven, 758 total efficiency estimates per












m to zero. Only the steady-state
condition was used for the efficiency calculation. We selected the ramps and trial length to allow
the actuators to safely reach steady-state while limiting the rise in winding temperature.
4.3.3.1 Analysis








where η+ is driving efficiency, τa is actuator torque, θ˙a is actuator velocity, i+b is bus current, and
v+b is bus voltage. The denominator and numerator in Eq. 4.6 represent the input electrical power
coming from the battery and the generated mechanical power, respectively.
We calculated the efficiency of the driven actuator—the actuator rotating in the opposite direc-







where η− is driven efficiency, i−b is bus current, and v
−
b is bus voltage. The denominator and
numerator in Eq. 4.7 represent the input mechanical coming from the driving actuator and the
generated electrical power, respectively.
For the efficiency calculations, Eqs. 4.6 and 4.7 where averaged over the steady-state period.
We considered trials with an average output angular velocity below 0.1 rad/s to be in a stall condi-
tion, and excluded them from analysis.
Statistical testing included two-sample t-tests, with Bonferroni corrections used for individual
comparisons when necessary. All statistical tests assumed significance at α = 0.05.
63
4.3.4 Experiment 3: Open-loop Torque Control
In the final experiment, we quantified the geared actuators’ ability to track desired torque com-
mands with open-loop torque control. Using the current controller, we commanded current step
responses corresponding to 1-9 N·m (6:1 actuator) and 1-12 N·m (9:1 actuator) of output torque (1
N·m intervals), assuming 100% transmission efficiency; therefore, the actuators were using motor
current—not output torque—as the feedback signal. In addition to quantifying the torque step re-
sponse, we estimated each actuators’ transmission efficiency—the transmission’s ability to convert
motor torque to output torque. We estimated transmission efficiency as the ratio of steady-state
torque measured by the load sensor to desired output torque. The experimental setup was similar
to Experiments 1 and 2, except only one actuator was used, and it was mechanically grounded via
the torque sensor (Fig. 4.2). We performed 10 trials for each condition, 5 in each direction.
4.4 Results
4.4.1 Open-loop Impedance Control
Across all actuators, output stiffness and damping varied significantly with respect to their desired
values (p < 0.001). Output stiffness did not vary significantly with respect to desired damping
(p ≥ 0.077), but output damping varied significantly with respect to desired stiffness (p ≤ 0.027).
For the direct-drive motor, the output stiffness and damping values were 5.0 ± 7.8% (p < 0.001)
and 2.4 ± 6.4% (p < 0.001) higher than desired, respectively (92.3 ± 8.7% VAF, Fig. 4.4). For
the 6:1 planetary actuator, the output stiffness and damping values were 26.2 ± 11.5% (p < 0.001)
and 0.6 ± 9.5% (p = 0.529) lower than desired, respectively (87.2 ± 11.4% VAF, Fig. 4.4). For
the 9:1 planetary actuator, the output stiffness and damping values were 42.0 ± 16.5% (p < 0.001)
lower and 4.3 ± 11.5% (p < 0.001) higher than desired, respectively (86.0 ± 9.8% VAF, Fig. 4.4).
As seen in Fig. 4.4, all the actuators had strong linear relationships between desired and output
impedance parameters (r ≥ 0.95). Across all stiffness and damping conditions, the estimated
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Figure 4.4: Comparison of the desired and estimated impedance parameters across all actua-
tors. Dashed line denotes the ideal relationship between output and commanded impedance. Error
bars denote standard deviation. From left to right: 1:1 direct-drive motor, 6:1 planetary actuator,
9:1 planetary actuator.
inertia for the 1:1, 6:1, and 9:1 actuators was 0.003, 0.139, and 0.325 g·m2/deg, respectively.
In Experiment 1A, the frequency content of the input (position) and output (torque) signals
remained below 30 Hz for all impedance gains; additionally, the input and output signals were
correlated, with peak cross-correlation at zero lag. The input-output coherence was approximately
1 at 0-30 Hz, then decreased at higher frequencies; therefore, we used a frequency range of 1-
25 Hz for the optimization. In Experiment 1B, the frequency content of the input (position) and
output (torque) signals remained below 20 Hz for all impedance gains; additionally, the input
and output signals were correlated. The input-output coherence was approximately 1 at 0-15 Hz,




We calculated bus-output efficiency across a range of power regimes, with similar results across
actuators (Table 4.2, Fig. 4.5). Bus electrical powers regimes ranged from -295-487 W, whereas
actuator mechanical power regimes ranged from -380-380 W.
All actuators always had positive efficiency when driving, and a mix of positive and negative ef-
ficiency when driven. Comparing across actuators (columns in Table 4.2), the driving efficiency of
the direct-drive actuator was higher than that of the geared actuators (p ≤ 0.021), but the driving ef-
ficiencies of the geared actuators were not different from each other (p = 0.260); none of the driven
efficiencies significantly differed across any actuators (p ≥ 0.226). Comparing within actuators
(rows in Table 4.2), the efficiency magnitudes of the driving and driven actuators were different for
the direct-drive actuator (p < 0.001) but not for the geared actuators (p ≥ 0.100). In general, the
actuators had highest efficiency at high voltages/velocities and medium currents/torques; the actu-
ators had lowest efficiency at low voltages/velocities and high current/torques, particularly when
being driven (Fig. 4.5). The average positive efficiency across all conditions was 65%.
Across all tests, the voltage-controlled actuator was typically driving (Fig. 4.6). The voltage-
controlled actuator was driving in 83% of trials whereas the current-controlled actuator was driving
in 14% of trials; the actuators were stalled (neither driving) in 3% of trials. The number of stall
trials increased with transmission ratio (6, 10, and 15 trials for the 1:1, 6:1, and 9:1 actuators,
respectively; Fig. 4.6).








Driving (%) 70 ± 17 65 ± 15 64 ± 16
Drivena,b (%) 60 ± 22 63 ± 23 61 ± 23
Positive (%) 66 ± 20 64 ± 19 64 ± 19
Negativeb (%) -49 ± 27 -53 ± 25 -44 ± 21
a Magnitude of both positive and negative efficiencies
b Excludes efficiencies below -100%
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Figure 4.5: Actuator-drive efficiency of the geared U8 Lite actuators. Total efficiencies for
the U8 actuators across different current-voltage (left) and output torque-speed (right) conditions.
Positive efficiencies (yellow and green regions) correspond to bus electrical power input and me-
chanical power output; negative efficiencies (blue regions) correspond to mechanical power input
and bus electrical power output. Efficiencies below -100% are shown in black. From top to bottom:
1:1 direct-drive motor, 6:1 planetary actuator, 9:1 planetary actuator. The shaded area corresponds
to the driven actuator.
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Figure 4.6: Current-voltage conditions resulting in the driving actuator being either current-
or voltage-controlled. Stall conditions, with angular velocities below 0.1 rad/s, had neither ac-
tuator driving. From left to right: 1:1 direct-drive motor, 6:1 planetary actuator, 9:1 planetary
actuator.
4.4.3 Open-loop Torque Control
The actuators tested in this study exhibited fast and accurate open-loop torque step responses (Fig.
4.7). Across all actuators, the open-loop rise time, maximum overshoot, and steady state error
were 13 ± 4 ms, 41 ± 17%, and 2 ± 9%, respectively. The estimated mechanical efficiency for the
6:1 and 9:1 planetary actuators was 98 ± 6% and 98 ± 10%, respectively; both efficiencies were
significantly less than 100% (p ≤ 0.019).
4.5 Discussion
In this study, we empirically characterized the performance of four ER-BLDC actuators controlled
with FlexSEA; we specifically chose actuation systems that are being developed for bionic sys-
tems, like the OSL and the Reaction-force Series-elastic Actuator (RFSEA) Leg [1,2,49]. We also
developed a method to characterize the output impedance rendered by these systems operating un-
der open-loop control; building upon previous work, we quantified actuator-drive efficiency across
a range of power regimes [124]; Finally, we characterized open-loop torque control performance
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Figure 4.7: Representative step responses with the open-loop torque controller.
and transmission efficiency for these systems under static conditions.
4.5.1 Open-loop Impedance Control
The direct-drive motor rendered accurate open-loop impedance (stiffness and damping) values,
within 5% of the desired values; however, as transmissions were added, the ability to accurately
render desired impedance values decreased, particularly with stiffness (Fig. 4.4). The rendered
output stiffness values were 26% and 42% lower than desired for the 6:1 and 9:1 transmissions,
respectively. These losses can be attributed, in part, to the backlash and friction in the transmis-
sions. The transmission losses are in contrast to Experiments 2 and 3, in which we observed 2-8%
loss. In Experiments 2 and 3, all tests and analyses were performed in steady-state conditions (i.e.,
zero acceleration); in contrast, the impedance characterization required non-steady state conditions
with high-frequency changes in actuator direction and high accelerations. As a result, backlash and
additional friction were introduced by the transmission when the actuator changed direction.
The impedance controller can be improved in various ways. One option is to add an encoder to
the output and perform open-loop impedance control around the output instead of the motor. This is
still open-loop impedance control because there is no measure of output torque; however, directly
measuring output kinematics will reduce the effects of backlash and other transmission dynam-
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ics. Another option is to introduce a torque feedback signal, either with a torque sensor or SEA.
Knowledge of both the output kinematics and kinetics will enable fully closed-loop impedance
control, but may introduce significant size, mass, and complexity to a wearable bionic system.
We can use the impedance characterization to improve open-loop impedance control in these
systems—which do not have an output encoder nor a torque sensor (Fig. 4.8). Using Fig. 4.4, we
developed a model that applies a correction factor to the commanded stiffness; that is, for a de-
sired output stiffness, the actuator should command the desired stiffness multiplied by a correction
factor. The stiffness correction factors for the 6:1 and 9:1 actuators are 1.3 and 1.6, respectively.
We repeated Experiment 1 with these correction factors to improve open-loop impedance control.
Using the model, the stiffness error for the 6:1 and 9:1 actuators decreased from 26.2% to 0.1%
Figure 4.8: Improving open-loop impedance control with a stiffness correction factor. Origi-
nal data in gray and corrected data in blue (stiffness) and yellow (damping). Dashed line denotes
the ideal relationship between output and commanded impedance. From left to right: 1:1 direct-
drive motor, 6:1 planetary actuator, 9:1 planetary actuator.
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and from 42.0% to 2.9%, respectively (Fig. 4.8). This characterization enables accurate impedance
control, despite the lack of a torque feedback signal.
4.5.2 Actuator-drive Efficiency
Throughout most of the power regimes tested, the actuators exhibited an average positive efficiency
of 65% (Fig. 4.5). When driving, the geared actuators were 8% less efficient than the direct-drive
actuator (Table 4.2). This loss is greater than the 2% losses seen in Experiment 3; the discrepancy
is likely due to additional viscous losses in Experiment 2, since Experiment 3 was performed
in static conditions. The primary source of inefficiency in these systems was the thermal power
lost through the winding resistance (Ploss = i2mRm). In general, efficiencies were lowest at low
voltages and high currents. Both the voltage- and current-controlled actuators drove the system
during different conditions, although the current-controlled actuator only drove at high current,
low voltage conditions (Fig. 4.6).
To further understand the physics underlying the efficiency results, we can revisit the brushed
DC electromechanical model (Eq. 3.4). Removing the inductance term—due to the steady-state
nature of this experiment—the driving and driven motor voltages can be described by:
v+m = i
+
mRm + kbθ˙m (4.8)
v−m = i
−







m are driving motor voltage, driven motor voltage, driving motor current,
and driven motor current, respectively. The angular velocities have opposite signs in Eqs. 4.8 and
4.9 because the motors were placed face-to-face.
The driving actuator—typically the voltage-controlled actuator—always exhibited positive ef-
ficiencies (Table 4.2, Fig. 4.5). In these conditions, the output mechanical power was less than
the input bus power due to losses in the motor driver and motor windings; additionally, both the
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mechanical output and bus were in positive power, and the driving actuator always discharged the
battery.
The driven actuator—typically the current-controlled actuator—exhibited a combination of
positive and negative efficiencies (Table 4.2, Fig. 4.5). In conditions with positive efficiency
below 100%, the output bus power was less than the input mechanical power; in these conditions,
both the mechanical input and bus were in negative power, and the driven actuator charged the bat-
tery. In conditions with negative efficiency, the input mechanical power was negative but the bus
power was positive; therefore, the driven actuator discharged the battery during negative efficien-
cies. The discharge occurred because the thermal power lost through the winding resistance was
greater than the mechanical power input, requiring positive power from the bus. Alternatively, this
phenomenon can be explained using Eq. 4.9; theoretically, negative efficiencies occurred when the







is the maximum induced current when the motor leads are shorted at a given veloc-
ity. Experimentally, the driven motor current satisfied Eq. 4.10 during most negative efficiency
conditions (Fig. 4.9).
The driving and driven actuators exhibit asymmetry in the electrical domain, as seen by the
right-slanted lean to the driven actuator (Fig. 4.5). In each experiment, the two actuators were
mechanically coupled, therefore they had equivalent torques and velocity magnitudes; additionally,
the two actuators produced approximately equivalent currents, with a magnitude difference of 0.82
± 0.29 A across all trials. However, the voltage magnitudes for the two motors typically did not
match. That is, for two actuators producing equal torque, velocity, and current magnitudes, their
corresponding voltages were different (Fig. 4.10). For most conditions, the voltage difference
was positive; however, when the current-controlled motor was driving the system, the difference
became negative (Fig. 4.10). This voltage difference can be explained by subtracting Eq. 4.9 from
Eq. 4.8:
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Figure 4.9: Driven actuator produces negative efficiency when the motor current is greater
than the maximum induced current. The shaded area corresponds to Eq. 4.10. Positive efficien-
cies are shown in yellow and green, negative efficiencies in blue, and efficiencies below -100% in
black. Data are shown for all actuators tested.
v+m − v−m = 2kbθ˙m (4.11)
which explains that, theoretically, the voltage difference between the driving and driven motors was
twice the back-EMF voltage (i.e., the sum of both motors’ back-EMF voltage). Experimentally, the
voltage difference between the two actuators satisfied Eq. 4.11 (Fig. 4.10). If we had commanded
negative currents and voltages, the electrical domain efficiency plots would be mirrored about the
y-axis (Fig. 4.5); that is, there would instead be a left-slanted lean to the driven actuator.
4.5.2.1 Implications in Wearable Robotics
This characterization provides insight into the efficiency of robotic prostheses and exoskeletons.
The power regimes required for different joints and activities vary based on motor and transmission
ratio; to extract the most benefit from the added mass of the robot, bionic devices should operate
within each motor’s most efficient region. In our previous work, three patients with above-knee
amputations walked with the OSL—which uses the U8 KV100 motor tested here (Table 4.1)—on
level ground, up/down ramps, and up/down stairs (Fig. 3.14) [2]. Across these activities, the knee
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Figure 4.10: The coupled actuators did not produce voltages of equal magnitudes. (Left) The
voltage difference between the two actuators varied, resulting in different voltage magnitudes for
each; the dashed line (left) corresponds to the voltage difference if both motors produced equal,
but opposite voltages. (Right) The voltage difference can be attributed to the back-EMF of both
actuators; the dashed line (right) corresponds to Eq. 4.11. Data are shown for all actuators tested.
motor operated at 0-33 V and 0-5 A while the ankle motor operated at 0-18 V and 0-7 A. Using
the efficiency characterization (Fig. 4.5), we estimate that the positive efficiencies for the OSL’s
operating regions are 54 ± 24%; compared to the direct-drive actuator’s positive efficiency, this
suggests that—during ambulation with the OSL—the actuator operates at approximately 82% of
its average efficiency.
4.5.3 Limitations, Recommendations, and Future Work
It is important to note that the results of this study are limited to actuators using the U8 KV100
motors and FlexSEA. Although, we expect similar open-loop performance and efficiency results
with motors of similar topology and design, we recommend that other researchers fully character-
ize their actuators, especially when using a different embedded system. Experiments 1 and 2 are
demanding on both the actuator and embedded system, and should be performed carefully.
Although our results with the direct-drive motor are in line with previous characterization ex-
periments, there are some differences [124]. Previously, the torque constant of the U8 motor was
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estimated to be 0.14 N·m/A; however, Experiment 3 resulted in a torque constant of 0.15 N·m/A.
Additionally, previous efficiency testing found an average positive efficiency of 56%, as opposed to
the 66% from Experiment 2 (Table 4.2); specifically, in previous testing, the driven motor was less
efficient at high currents. Both the previous and present work used the same motor; however, the
hardware and software on the embedded system have been upgraded since the original testing. This
highlights the need to characterize systems, especially when major hardware or software changes
are made. The methods presented here provide a framework for evaluating robotic systems.
During pilot testing for Experiment 1, we found that perturbation amplitude and low-level
feedback gains did not affect the rendered impedance values; however, low-level feedforward gains
in the current controller did impact the rendered impedance, and should be tuned appropriately.
Additionally, the perturbation signal cut-off frequency did not affect impedance estimates as long
as it was high enough to capture the expected dynamics of the rendered system (i.e., constant
magnitude at low frequencies, break point, and positive slope at high frequencies; Fig. 4.3).
Experiment 2 involves high power regimes that are typically not reached during normal op-
eration, and winding temperature should be monitored to prevent overheating; additionally, the
actuators should use a common battery, otherwise the driven motor may overcharge and damage
its battery.
Future work involves characterization of the OSL’s impedance controller. The transmission
on the OSL is larger (approximately 50:1) and more complex than those tested here. The knee
has a three-stage belt drive whereas the ankle has a two-stage belt drive coupled to a four-bar
linkage; therefore the OSL is more susceptible to transmission losses, backlash, and nonlinearities
due to the belt dynamics. Fortunately, the OSL has output encoders to measure joint angle. These
encoders can be used to control output impedance directly—instead of indirectly through motor
impedance—and reduce errors introduced by the transmission.
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4.6 Summary
In this study we characterized open-loop impedance control, actuator-drive efficiency, open-loop
torque control, and transmission mechanical efficiency for various actuators used in wearable
robotic systems. We found that all actuators had a positive actuator-drive efficiency of 65%. We
also found that transmission losses increased as the experiments became more dynamic. In static
conditions, the transmissions are 98% efficient and the transmission ratios are low enough for ac-
curate open-loop control. In non-steady state conditions, where the effects of backlash and friction
are more prevalent, open-loop control is less accurate; however, by characterizing these losses
across a range of frequencies and impedance values, we can successfully account for the losses
and improve open-loop control.
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Chapter 5
Damping Perception During Active Ankle and Knee
Movement
Portions of this chapter appear in:
1. A F Azocar, A L Shorter, and E J Rouse, “Damping Perception During Active Ankle and
Knee Movement,” IEEE Transactions on Neural Systems and Rehabilitation Engineering,
2019.
2. A F Azocar, A L Shorter, and E J Rouse, “Perception of Mechanical Impedance During
Active Ankle and Knee Movement,” Proceedings of the IEEE International Conference on
Engineering in Medicine and Biology (EMBC), July 2018.
2nd Place, Student Paper Competition
5.1 Abstract
The mechanical impedance of the leg governs many important aspects of locomotion, including
energy storage, transfer, and dissipation between joints. These mechanical properties, including
stiffness and damping, have been recently quantified at the ankle joint during walking. However,
little is known about the human ability to sense changes in impedance. Here, we investigate the
ability to detect small changes in damping coefficients when interacting with a mechanical sys-
tem coupled to the ankle or knee joint. Using a psychophysical experiment (adaptive, weighted
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staircase method) and an admittance-controlled dynamometer, we determined the 75% minimum
detectable change by tasking subjects to compare the damping values of different virtual spring-
mass-damper systems. The Weber fraction for damping coefficient ranged from 12% to 31%, with
similar performance across the ankle and knee. Damping perception performance was similar to
previous stiffness perception results, suggesting that both the stiffness and damping of the envi-
ronment are important for the human sensorimotor system, and motivating further investigation on
the role of damping in biomechanics, motor control, and wearable robotic technologies.
5.2 Introduction
Throughout the gait cycle, agonist-antagonist muscles activate in a well-coordinated pattern to
facilitate balance, forward propulsion, and support of the body’s center of mass [152]. As the
agonist-antagonist muscles of the leg contract and relax, changes occur in the stiffness and damping
properties of the leg joints. The joints’ time-varying stiffness and damping properties, along with
limb inertia, are often collectively known as joint mechanical impedance [80]. Together, these
properties describe the joints’ instantaneous response to a perturbation, and are often modeled as
a rotational spring-mass-damper (SMD) system. Fundamentally, joint impedance governs how
energy is stored, exchanged, and dissipated during locomotion, and as a result, has important
implications in basic sensorimotor control of gait, and potentially the development of better, more
biomimetic assistive technologies [3, 82, 83].
Recently, researchers have begun quantifying ankle impedance during locomotion [84, 134,
143, 144, 153]; however, there is limited knowledge of the relationship between impedance and
the sensorimotor system, particularly regarding human perception of impedance. To estimate joint
impedance, researchers apply mechanical perturbations during gait, and use system identification
techniques to quantify the stiffness, damping, and inertia properties governing the torque response.
Rouse et al. and Lee and Hogan estimated ankle impedance during the early- and mid-stance
phases of gait, as well as during swing, respectively [84, 143, 144]. Most recently, Shorter and
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Rouse investigated ankle impedance during the terminal stance phase of walking [134]. Through-
out the gait cycle, stiffness increases linearly during early and mid-stance and decreases quickly
during terminal stance to the values reported in swing. Additionally, damping increases in prepa-
ration for toe-off. These studies provide new insight describing joint dynamics during gait, but the
broader implications of these data in sensorimotor control are not fully understood [16].
The sensorimotor control system likely relies on the ability to sense small changes in the envi-
ronment. In the context of leg joints, sensing these changes can be important for stability, balance,
and safety during locomotion [154]. In our previous work, we quantified the human ability to per-
ceive changes in stiffness when interacting with a mechanical device at the ankle or knee [3]. This
study found that stiffness perception at the lower limb is comparable to—or better than—stiffness
perception at the upper limb, and supported the importance of stiffness with respect to sensorimo-
tor control and human motor performance. However, the ability to perceive changes in damping
coefficient—another component of mechanical impedance—has not been studied.
Understanding the link between mechanical impedance and perception in the lower extremity
may facilitate new design, control, and prescription strategies for wearable robotic systems, such
as exoskeletons and prostheses [3, 7, 84]. Mechanical impedance is the basis for the development
of various robotic exoskeletons and gait trainers [135,145,155–157]; impedance control promotes
a compliant interaction between the human and machine and is becoming increasingly prevalent
in wearable robotics [81]. Quantifying the human ability to detect changes in impedance provides
insight into accuracy requirements and the potential for impedance-based feedback via wearable
robotic systems [3]. For example, we recently characterized the ability of individuals with transtib-
ial amputation to perceive changes in the stiffness of their prosthesis while walking [7]. We found
that during locomotion, the ability to consistently select a preferred prosthesis stiffness depended
largely on the ability to correctly discriminate changes in stiffness. Furthermore, we concluded
that the stiffness of a prosthetic foot should be specified on an individual basis—which is not part
of current clinical practice—using robotic prescription tools, and that more appropriate mechanical
characterization of ankle-foot prostheses may be needed.
79
The human ability to sense small changes in stimuli is commonly analyzed via psychophys-
ical studies. Psychophysical research has provided insight into the mechanisms underlying hu-
man proprioception. For example, perception of joint velocity is regulated by primary muscle
spindle receptors, whereas the perception of force primarily depends on centrally generated com-
mands [158]. Perception of joint impedance involves the incorporation of different perceptive
modalities [159]; for example, damping perception requires both velocity and force information.
The incorporation of different types of sensory information, such as velocity and force, reduces
sensory resolution; this is evident with previous work showing that, at the elbow joint, humans
can discriminate smaller changes in velocity and torque compared to damping coefficient [158].
There are numerous investigations on both upper- and lower-limb perception of kinematic and ki-
netic variables, and a few on impedance (i.e., stiffness or damping) perception at the upper-limb;
however, there is limited knowledge regarding lower-limb impedance perception.
In this investigation, we sought to quantify the human ability to sense small changes in external
(environment) damping coefficients at the ankle and knee joints. Specifically, we studied how well
humans can perceive changes in damping coefficients applied by an external mechanical device (as
opposed to changes in the intrinsic damping coefficient of the biological joints themselves). This
study expands on our previous stiffness perception studies [3]. We quantified human perception via
the 75% just noticeable difference (JND) and corresponding Weber fraction (WF). The JND is the
minimum detectable change for a particular stimulus, and the WF represents the JND as a fraction
of the original stimulus [160]. Our results show that, at high damping values, subjects can sense
changes in damping coefficient of at least 12% at the ankle and 13% at the knee; at low damping
values, subjects can detect changes of at least 25% at the ankle and 31% at the knee. Therefore,
people are unlikely to detect changes in the damping coefficients of wearable robots if they remain
below these thresholds. This work facilitates a foundation for understanding how humans perceive
changes in externally-applied joint impedance. Understanding the ability to perceive changes in
lower-limb impedance provides new insight into the sensorimotor system’s use of impedance and





The Neurobionics Lab Rotary Dynamometer, a custom dynamometer, rendered the dynamics of a
virtual rotational SMD system (Fig. 5.1). A brushless gearmotor (model: BSM90N-3150AF, Bal-
dor, Fort Smith, AR, USA) coupled to a six-axis load cell (model: 45E15A4, JR3, Inc., Woodland,
CA, USA) was mounted on a custom frame and adjustable chair (model: 835-000, Biodex Medical
Systems, Shirley, NY, USA). An admittance controller rendered the desired SMD dynamics, with





Is2 + bs+ k
(5.1)
where s denotes the Laplace domain, Θ(s) is the motor angle, T (s) is torque, I is inertia, b is
damping, and k is stiffness [161]. Damping was selected by the psychophysical protocol; inertia
and stiffness terms were also included. The motor’s encoder (0.036° resolution) monitored joint
angles, which were limited to a biomechanically safe range of motion via software and mechanical
stops. The system’s feedback control loops operated at 2500 Hz and sampled data at 833 Hz.
We monitored subject fatigue throughout the experiment using surface electrodes (model: Bag-
noli, Delsys, Boston, MA, USA) to record the EMG activity of the muscles. We recorded from the
lateral gastrocnemius and tibialis anterior muscles in the ankle experiment, and the rectus femoris,
vastus lateralis, biceps femoris, and semitendinosus muscles in the knee experiment. EMG signal
processing included a band-pass filter (20 to 300 Hz), full-wave rectification, and a second-order,
low-pass Butterworth filter (2.5 Hz cutoff).
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Figure 5.1: Dynamometer arrangement for the ankle (left) and knee (right) experiment.
Straps on the foot and shank secured the right leg to the metal plate, and padding behind the
heel prevented discomfort (not shown).
5.3.1.2 Ankle Experimental Setup
This study comprised of fourteen healthy, able-bodied subjects (7 female, 7 male; age 24.6 ± 3.5
years; mass 73.6 ± 18.1 kg; mean ± standard deviation), with no history of neurological impairment
or ankle injury. Subjects gave written informed consent, which was approved by the Northwestern
University Institutional Review Board (NU IRB).
Subjects sat in the dynamometer chair and placed their right foot on a plate, which was mounted
rigidly to the gearmotor output shaft. A concentric laser guided the alignment of the ankle’s center
of rotation to the motor’s rotation axis. The chair was adjusted for each subject such that the resting
ankle angle was approximately 0° of flexion, and the knee angle was maintained at 90° of flexion.
Straps over the toes and ankle secured the subject’s foot to the foot plate, and separate straps
secured the thigh to prevent movement of the upper leg. During the experiment, subjects could
voluntarily rotate their ankle (and the motor) within a limited range of motion of approximately
51°.
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5.3.1.3 Knee Experimental Setup
Fourteen healthy, able-bodied subjects (7 female, 7 male; age 24.6 ± 2.5 years; mass 74.0 ± 15.5
kg), distinct from the ankle experiment, were recruited for this study. Subjects gave written in-
formed consent to take part in this study, which was also approved by the NU IRB. They had no
history of neurological impairment or knee injury.
Subjects sat in the chair and placed their right leg on a plate, which was rigidly mounted to
the gearmotor output shaft. The concentric laser also guided alignment of the approximate knee
center of rotation to the motor rotation axis. The resting knee angle was set to approximately
60° of flexion, whereas the ankle angle was maintained at 0° of flexion, such that the foot was
perpendicular to the shank. Subjects could voluntarily rotate their knee (and the motor) within a
maximum range of motion of approximately 63°. The leg was secured to the leg plate with straps
over the toes and shank, and the thigh was secured to the chair.
5.3.1.4 Protocol
In our previous work, we modified the stiffness of the SMD system while keeping damping and
inertia constant [3]; in this work, we modified the damping of the SMD system while keeping
stiffness and inertia constant.
Subjects wore a blindfold and noise-reducing headphones to diminish distractions and prevent
the use of external cues. We implemented a two-interval forced-choice (2IFC) paradigm [162]; in
each trial, the motor rendered two SMD systems with which the subjects sequentially interacted.
One of the rendered SMD systems included a reference damping value, whereas the other included
a comparison damping value. Subjects interacted with the rendered mechanical system through
voluntary joint extension and flexion. Subjects had eight seconds to interact with each SMD sys-
tem, after which they stated which system was perceived to have higher damping, or resistance
to movement. A length of eight seconds was chosen during pilot testing because it maintained
the experiment duration short while providing subjects with enough time to explore the system
dynamics; additionally, this length was consistent with our previous methods [3]. Subjects were
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not permitted to answer ‘equal damping’; therefore, trials with equal damping values were auto-
matically incorrect. Audible tones notified the subjects at the start and end of trials, as well as at
the transition from the first to second SMD systems.
The reference damping values tested were 2.5, 6.25, and 10 N·m·s/rad for both experiments.
We selected these damping values based on hardware constraints, human joint damping during
locomotion, and damping coefficients currently used in the design and control of wearable robotic
systems, including exoskeletons and prostheses [38,45,84,134,143–145,150,151]. We attempted
to minimize the contributions of inertia and stiffness by setting the admittance controller’s iner-
tia and stiffness parameters as low as possible. Safety requirements built into the dynamometer
resulted in inertia and stiffness terms of 0.3 kg·m2 and 10 N·m/rad, respectively.
We implemented an adaptive, weighted up-down method that converged to the JND (75%
performance point) with a base step size, ∆, of 0.25 N·m·s/rad [163]. The first comparison damping
value in a staircase—the entire series of trials corresponding to a reference damping value—was
5∆ away from the reference. After a correct response, the following comparison damping value in
the staircase moved ∆ closer to the reference; after an incorrect response, the following comparison
value in the staircase moved 3∆ farther from the reference. Therefore, the experiment became
more challenging as subjects performed better, and vice versa. Each staircase lasted for eight
runs—series of damping changes in the same (increasing/decreasing) direction (Fig. 5.2); however,
the number of trials in an individual staircase varied depending on the subjects’ performance [164].
To prevent subjects from adapting to the experiment, the six staircases, corresponding to the
three reference damping values approached from above and below, were randomly interleaved
[164]. The type of damping value presented first in each trial (reference or comparison), was also
randomized. An example of one staircase with a low approach to the 10 N·m·s/rad reference value
can be seen in Fig. 5.2.
Before participating in the psychophysical protocol, subjects experienced familiarization and
practice trials. During the familiarization period, subjects interacted with the SMD system as
the damping coefficient changed from 1 to 11 N·m·s/rad in 2.5 N·m·s/rad increments. Subjects
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Figure 5.2: Example subject responses for a single staircase while approaching the reference
damping value (10 N·m·s/rad) from below. Each trial required subjects to interact with the
motor configured to both the reference and comparison damping values. Each run contains the set
of consecutive trials that changed in the same (increasing/decreasing) direction.
also practiced five trials of the adaptive psychophysical protocol; feedback on their answers was
provided after each practice trial, but not during the remainder of the experiment.
5.3.2 Analysis
We calculated the 75% JND by taking the mean of the comparison damping values from all trials in
the last six runs of each staircase; subsequently, we calculated the WF by normalizing the JND by
the corresponding reference damping value [162,163]. Specifically, the WF in this study describes
the percent change in damping coefficient that subjects can perceive with 75% accuracy. The
ability to perceive smaller changes in damping coefficient indicates better perception; therefore,
high performance corresponds to low JND and WF values.
As muscles fatigue, EMG amplitude increases due to the increased motor unit recruitment
required to sustain a constant torque; in fact, the EMG amplitude-to-torque ratio (REMG−τ ) has
been shown to double after fatigue is induced [165]. Consequently, we monitored fatigue by
comparing the EMG amplitude-to-torque ratios produced during maximum voluntary contraction
(MVC) before (REMG−τ,pre) and after (REMG−τ,post) the experiment. We calculated the ratios
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by measuring the maximum EMG amplitude produced by each muscle while subjects performed
MVCs, and divided the amplitude by the maximum torque of the MVC.
We also calculated the torque contributions of individual impedance parameters to understand
how subjects interacted with the dynamics of the SMD systems. We estimated the torque contri-
butions of stiffness, damping, and inertia (τk, τb, and τI , respectively) by multiplying the stiffness,
damping, and inertia values from the experiment with the motor’s position (relative to neutral),
velocity, and acceleration (10 Hz, third-order low-pass filtered) trajectories, respectively. Finally,
we calculated the percent contribution of each impedance parameter as:
τ%,p = 100
| τp |
| τk | + | τb | + | τI | (5.2)
where p corresponds to each impedance parameter. To verify that the torque contributions of the
parameters were accurate, we calculated the net torque due to the contributions and compared it to
the measured load cell torque.
Throughout the psychophysics literature, a variety of experimental procedures are utilized,
which converge to the WF at different points, including 71%, 75%, and 84% performance [160].
To fairly compare our results to WFs from previous investigations, we extrapolated the literature
WFs to the 75% performance point. Assuming that perception is a normally-distributed process,
the underlying psychometric function—which describes perception across a range of performance
points—becomes a linear function of WF and z-score [160]. Therefore, we can extrapolate the
literature WFs to the 75% point by calculating the z-scores of the performance points (z0.71 =
0.5534, z0.75 = 0.6745, z0.84 = 0.9945) from previous studies and fitting a line between the origin
and the literature WFs. Specifically, the WF at the desired performance point, WFd, is related to





where zd and zc are the z-scores of the desired (75%) and comparison (71% or 84%) literature
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performance points, respectively. This relationship has been experimentally shown in a separate
set of psychophysical studies [166].
The primary statistical test used was an ANOVA with fixed factors: reference damping coef-
ficient (2.5, 6.25, and 10 N·m·s/rad) and joint (ankle or knee); subjects were treated as a random
factor. Separate analyses were completed for dependent variables JND and WF. Two-sample t-
tests, with Bonferroni corrections applied when necessary, were implemented for individual com-
parisons with previous studies. All statistical tests were performed with a significance level of α =
0.05.
5.4 Results
We characterized the minimum detectable change in externally-applied damping coefficients by
tasking subjects to interact with a rendered rotational SMD system while participating in an adap-
tive staircase protocol. The experiment converged to the JND (and WF)—the point in which sub-
jects correctly detected a change in damping coefficient 75% of the time.
JND varied significantly with respect to damping coefficient (F2,167 = 36.9, p < 0.001) but
not joint (F1,167 = 2.7, p = 0.106). The JNDs from both approach directions were combined into
a single JND at each reference damping level [160]. Except for the knee JNDs at 2.5 and 6.25
N·m·s/rad (p = 0.169), all JND values were significantly different from each other (p ≤ 0.005)
within each joint. Based on theory and literature data, we assumed and fit a linear relationship
between JND and reference damping level:
JNDa = 0.076br + 0.408 (5.4)
JNDk = 0.070br + 0.558 (5.5)
where br is reference damping level, JNDa is ankle JND, and JNDk is knee JND (Fig. 5.3) [160].
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The regression coefficients in Eqs. 5.4 and 5.5 were all significant (p < 0.001).
Figure 5.3: JND increases with reference damping level and is not significantly different
across joints. Error bars denote standard error of the mean; data are offset for clarity.
WF varied significantly with respect to damping coefficient (F2,167 = 85.6, p < 0.001) but not
joint (F1,167 = 3.7, p = 0.058). Based on theory and literature data, we assumed and fit a reciprocal
relationship between WF and reference damping level:
WFa = 0.069 + 0.448/br (5.6)
WFk = 0.056 + 0.633/br (5.7)
where WFa is ankle WF and WFk is knee WF (Fig. 5.4) [160]. The regression coefficients in Eqs.
5.6 and 5.7 were all significant (p ≤ 0.002). The staircases converged in 19 and 18 trials (114 and
108 total trials) for the ankle and knee experiment, respectively.
Subjects explored the SMD system by voluntarily extending and flexing their joint. Subjects
self-selected the specific strategies used for exploring the dynamics of the system and comparing
damping values. Subjects’ maximum extension (ankle DF) velocity, maximum flexion (ankle PF)
velocity, maximum extension torque, and maximum flexion torque varied significantly with damp-
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Figure 5.4: WF decreases with reference damping level and is not significantly different
across joints. Error bars denote standard error of the mean; data are offset for clarity.
ing coefficient in each trial (p < 0.001); however, these correlations were poor to moderate, as
indicated by the correlation coefficient, r. Maximum ankle DF and PF velocity decreased with
increasing damping coefficient (rDF = -0.41, rPF = -0.46); maximum knee extension and flexion
velocity also decreased with damping coefficient (rEXT = -0.32, rFLX = -0.32). Slight positive
correlations between subjects’ maximum torques and damping coefficient were found; r ranged
from 0.24 to 0.40 (Fig. 5.5). The maximum DF and PF torques produced were 49.9 ± 23.4 and
89.2 ± 57.3 N·m, respectively; the maximum knee extension and flexion torques were 124.1 ± 38.7
and 82.9 ± 28.6 N·m, respectively. Motor dynamics were primarily explored via ankle PF (68.6%)
and knee flexion (70.8%).
Table 5.1 shows theREMG−τ,post toREMG−τ,pre ratios for each muscle; a value near 1 indicates
that REMG−τ remained approximately constant. Across subjects and muscles, REMG−τ was not
significantly different before and after the experiment (p ≥ 0.525); that is, motor unit recruitment
remained consistent throughout the experiment [165]. Only one subject showed a ratio greater than
two in either experiment, occurring in the gastrocnemius and biceps femoris for the ankle and knee
experiment, respectively. Muscle fatigue can significantly degrade perception performance, which
did not happen in this study [167]. Therefore, we determined that fatigue did not affect subjects’
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Figure 5.5: Maximum velocities decrease whereas maximum torques increase with damping
coefficient. Translucent areas denote standard deviation. Torques are normalized by each subjects’
maximum voluntary contraction. The standard deviation at 4.25 N·m·s/rad for the ankle experiment
is undefined because only one trial occurred at this damping value.
ability to perceive changes in damping coefficient and included the data in our analysis.
The damping component of impedance contributed most of the torque in the SMD system for
damping values of 6.25 and 10 N·m·s/rad (Table 5.2). At the lowest damping value, the combined
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Table 5.1: EMG amplitude-to-torque ratio across subjects.
Muscle REMG−τ,post/REMG−τ,pre
Gastrocnemius 1.2 ± 0.6
Tibialis Anterior 0.9 ± 0.1
Rectus Femoris 1.0 ± 0.3
Vastus Lateralis 1.0 ± 0.1
Biceps Femoris 1.1 ± 0.6
Semitendinosus 1.1 ± 0.3







le 2.5 31.2 ± 6.3% 38.4 ± 5.2% 30.5 ± 8.7%
6.25 19.4 ± 5.5% 56.5 ± 5.0% 24.1 ± 7.5%
10 13.9 ± 4.0% 64.5 ± 5.2% 21.6 ± 7.0%
K
ne
e 2.5 25.9 ± 5.4% 38.6 ± 5.2% 35.4 ± 8.2%
6.25 17.5 ± 4.3% 54.9 ± 6.2% 27.7 ± 7.9%
10 13.4 ± 3.9% 63.8 ± 5.4% 22.8 ± 7.1%
contribution of stiffness and inertia was greater than the damping coefficient’s contribution; how-
ever, damping coefficient was the largest individual contributor to SMD torque across all condi-
tions. The net torque estimated from the individual torque contributions agreed to within 7.8-26.3%
of the measured load cell torque, with better agreement as damping increased.
5.5 Discussion
We recently quantified lower-limb stiffness perception; however, lower-limb damping perception
is unknown. Quantifying damping perception provides insight into the interaction between the
damping properties of the environment (e.g., the ground, or an exoskeleton) and the human sensori-
motor system. Thus, this investigation sought to quantify the human ability to sense small changes
in externally-applied damping coefficients at the ankle and knee joints using a psychophysical ex-
periment and an admittance-controlled dynamometer. The results of this study provide insight into
the role of damping in biomechanics, sensorimotor control, and wearable robotic technologies.
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5.5.1 Damping Perception
We calculated the WF for damping coefficient to be 12-25% and 13-31% at the ankle and knee,
respectively; furthermore, Eqs. 5.4 to 5.7 can be used to estimate the JND and WF at damping
values not tested in this study. These equations are supported by Weber’s law, which states that
the JND is a constant fraction of the reference stimulus, except at extremely low values [160];
specifically, JND increases with damping coefficient whereas WF exhibits a reciprocal relationship
with damping coefficient and approaches a constant WF as damping increases. Equations 5.4 and
5.5 contain an offset, which represents sensory noise in the nervous system that dominates at low
damping values [160]. In the absence of noise, the WF would be constant across all damping
levels. The WF at high reference values—where the effects of sensory noise are reduced and WF
becomes constant—represents the limit of perception, or ‘peak’ perception; for this reason, many
studies summarize perception using the value that the WF approaches [158–160, 168–171]. The
peak WF demonstrates that—at high damping values—humans can detect changes in damping
coefficient of at least 12.0% at the ankle and 13.1% at the knee (Fig. 5.6).
In our previous work, subjects were able to—at high stiffness values—perceive changes in stiff-
ness of 11.6% and 13.4% at the ankle and knee, respectively [3]. Therefore, stiffness and damping
perception are not significantly different at the ankle or knee (p ≥ 0.836). The similarity in results
was unexpected since a previous group found that, in the upper limb, stiffness perception was 32%
better than damping perception [158, 159]. The ability to perceive lower-limb damping coefficient
and stiffness with similar accuracy suggests that both of these components are important for the
human sensorimotor system. Specifically, information about the damping or viscous properties of
an environment or wearable robotic system may be as necessary as information about its compli-
ance. Many lower-limb experiments and wearable robots have primarily focused on the effects of
stiffness on locomotion. Our results motivate further study into the effects of damping coefficient
on locomotion and other dynamic tasks.
Impedance-based psychophysical results have been incorporated in pursuit-tracking tasks at
the elbow joint [174, 175]. Both the stiffness and damping properties of a manipulandum affect
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Figure 5.6: Lower-limb damping perception is comparable to lower-limb stiffness percep-
tion and better than upper-limb damping perception, at peak stimulus levels. Additionally,
impedance perception is worse than torque perception across all joints. Error bars denote standard
error of the mean. Ankle and knee stiffness data taken from [3]; elbow, ankle torque, and knee
torque data extrapolated from [158, 159, 172, 173].
the performance of a human operator. Tracking speed improves as the stiffness of a manipulan-
dum increases, but degrades with increased damping; tracking accuracy degrades with increasing
manipulandum stiffness, but is not affected by damping. Similar studies may be used to opti-
mize user performance when interacting with a lower-limb manipulandum (e.g., an exoskeleton or
prosthesis).
The reported damping perception thresholds are restricted to the damping coefficient range
tested in this study (Fig. 5.5), which overlaps with the ranges used in wearable robotic de-
vices [38, 45, 145, 150, 151]. For damping coefficients beyond this range, perception can be
estimated using Eqs. 5.6 and 5.7. Future studies should characterize how impedance percep-
tion is affected by changes in multiple impedance components (stiffness and damping simultane-
ously), muscle activation, fatigue, footedness, and joint position, in addition to investigating how
impedance perception changes in different subject populations. In particular, the effects of mus-
cle fatigue on impedance perception should be investigated, as exoskeleton users may experience
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fatigue during extended operation. Furthermore, due to hardware limitations, impedance percep-
tion at the hip was not quantified; hip impedance perception should also be studied to apply these
results to whole-leg exoskeletons.
5.5.2 Application in Wearable Robotics
These perception results can be integrated into the design, control, and prescription of wearable
robotic systems [7]. If a robot interacting with the ankle or knee varies its damping characteristics
by less than the threshold—which varies with damping level—the human operator is unlikely
to sense the changes (see Section 5.5.5). This has implications for the precision needed in the
development of exoskeletons, prostheses, and other wearable robots [3]. For example, individuals
with neurological disorders—such as stroke or cerebral palsy—often wear an ankle-foot orthosis
(AFO); however, the optimal mechanical and dynamical properties of an AFO are unknown, and
should likely be tuned on an individual basis [176]. Researchers and clinicians may explore and
tune the impedance properties of a robotic AFO without disturbing the patient if the changes remain
below the sensory threshold [145, 151].
Additionally, haptic feedback incorporating these results may improve human-machine interac-
tion. Psychophysical experiments inform the appropriate amount of force feedback needed with an
upper-limb exoskeleton [177]. Furthermore, stiffness feedback improves performance while oper-
ating a haptic gas pedal [178]. Although the use of damping feedback at the lower-limb is relatively
unexplored, haptic interfaces often use damping and impedance as a form of feedback [179, 180].
There exists a possibility of integrating impedance feedback with exoskeletons; in these applica-
tions, users will likely be able to perceive the feedback if the damping coefficient changes by more
than the perception threshold.
5.5.3 Comparison to Elbow and Torque Perception
Elbow perception of torque, stiffness, and damping coefficient, in addition to ankle and knee per-
ception of torque, have been studied by different research groups [158, 159, 166, 172, 173]. An
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important difference in experimental design is that many of these studies tested perception via
matching tasks, which calculate the WF at the point in which subjects would correctly detect a
change 84% of the time, instead of the 2IFC procedure used in this work; other studies tested
perception at the 71% performance point. To fairly compare these values, Eq. 5.3 was used to
extrapolate the peak WFs from previous investigations to the 75% point (Fig. 5.6). This extrapo-
lation method is valid assuming that perception is a Gaussian process, and has been shown to hold
experimentally [160,166]. Furthermore, we recently characterized the psychometric function (i.e.,
quantified the WF across all performance points) for stiffness perception using a prosthetic an-
kle [7]. Using data from that study, our extrapolation method estimated the 75% WF from the 84%
WF to within 0.005. Therefore, we concluded that extrapolation using Eq. 5.3 was appropriate.
We found that humans can detect smaller changes in damping coefficient at the lower limb than
at the upper limb; the difference between both lower-limb WFs and elbow WF was significant (p <
0.001). Better damping perception at the lower limb may suggest that the activities typically per-
formed by the legs (e.g., walking) rely on the viscous properties of the environment more than those
typically performed by the arms (e.g., manipulation); however, a more systematic study focused
on comparing upper- and lower-limb activities and their damping properties is needed. Further-
more, damping coefficient WF is higher than torque WF (p ≤ 0.006), as expected. Recent work
suggesting that muscle spindles in passive muscles code for force and the time-derivative of force,
instead of length and velocity, supports the improved performance in torque perception [181]. The
importance of impedance (stiffness and damping) in sensorimotor control and motor performance
is supported by the human ability to sense small changes in these properties [158]. Further studies
are needed to completely comprehend how the body regulates and senses its impedance during
dynamic tasks.
5.5.4 Strategies
Damping perception was likely informed by the subjects’ joint torques and velocities [158]. Sub-
jects produced higher torques but moved slower as damping coefficient increased (Fig. 5.5); how-
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ever, the precise manner in which kinetics and kinematics individually contribute to damping per-
ception is still unclear. Additionally, the standard deviation of maximum torques produced by
subjects—particularly in the ankle experiment—is quite large (Fig. 5.5), suggesting that subjects
used a wide range of effort to interact with the system. More specific studies—that isolate the ef-
fects of kinematics and kinetics to characterize how the nervous system combines these cues—are
needed to understand the mechanisms underlying impedance perception fully [182, 183].
This investigation focused on the ability to sense small changes in damping coefficient. There-
fore, the admittance controller’s inertia and stiffness were constant across all trials, leading to a
constant natural frequency and varying damping ratio. This work facilitates a foundation for our
understanding of lower-limb damping perception; additional studies will seek to understand the
effects that changes in torque, velocity, stiffness, and inertia have on damping perception.
5.5.5 Limitations
In our previous stiffness perception study, stiffness accounted for approximately 62% to 82% of
the SMD dynamics. In this damping perception study, damping accounted for 38% to 64% of the
dynamics (Table 5.2). Stiffness is typically the largest torque source during walking [84]; however,
for this experiment, we sought to increase the contributions of damping, to ensure that subjects
were primarily interacting with a viscous system. Damping coefficient was the largest contributor
to the SMD torque, but stiffness and inertia contributed comparably at the lowest damping level.
Due to practical limitations in the dynamometer control system, stiffness and inertia contributed
between 13% and 35% of the net torque. However, damping coefficient was the only parameter
that changed throughout the experiment—stiffness and inertia were constant across all trials. Thus
we concluded that subjects indeed perceived changes in damping.
We were only able to test a limited range of damping coefficients. Reference damping values
above 10 N·m·s/rad created substantial resistive torque, requiring considerable effort from the sub-
jects, and making the experiment too strenuous to complete. Adding reference damping values
above 10 N·m·s/rad would improve the regressions and likely converge to a constant WF. How-
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ever, even with the limited range of damping coefficients tested, the trends in Fig. 5.4 suggest that
the constant WFs at higher damping values would likely be similar to the peak WFs we measured.
This work provides insight into how much an ankle or knee robot’s damping characteristics may
change while remaining unnoticed by the human operator. However, it is unclear how changes
of such magnitude impact gait dynamics, even if subjects do not perceive the changes. The ef-
fects of changing the mechanical behavior of a robotic device interacting with the human body
must be carefully studied to ensure safety, particularly during dynamics tasks. Future research
on impedance-based assistive devices should investigate how variable impedance affects gait and
perception.
The high amount of concentration required by subjects made damping perception challeng-
ing; therefore, subjects used a blindfold and noise-reducing headphones to minimize distractions.
Additionally, changes to intrinsic joint impedance may alter perception of externally-applied joint
impedance during locomotion [84, 134, 143, 144]. Understanding the relationship between intrin-
sic impedance modulation and external impedance perception is challenging because it requires
perturbation-based system identification techniques in conjunction with psychophysical studies.
Furthermore, during gait, vestibular sensations contribute to the perception of changing dynam-
ics [7]. In summary, the threshold for damping perception is likely different during locomotion
due to reduced concentration, varying intrinsic properties, and the addition of vestibular sensa-
tions. However, understanding the effects of nonstationary biomechanical conditions on damping
perception requires further study.
In these experiments, straps were used to secure the foot/shank to the metal plates, and padding
was added to prevent discomfort, particularly at the heel. The straps and padding provide an
additional source of sensory information; however, previous studies have shown that cutaneous
information has little to no effect on the perception of displacement and stiffness at the knee and




This work examined the human ability to perceive small changes in damping coefficients when in-
teracting with a mechanical system at the ankle or knee joint. We estimated damping perception by
implementing an adaptive staircase method with a dynamometer that rendered a virtual rotational
spring-mass-damper system. The ability to perceive changes in damping coefficient was similar to
that of stiffness, suggesting that both impedance parameters are essential for sensorimotor control
of the lower extremities. These results offer insight and motivate further investigation on the role





In this dissertation, I present both technical and scientific contributions for the advancement of
lower-limb bionic systems. The first contribution of this thesis was the development and dissem-
ination of the OSL. We designed the OSL with performance comparable to—or better than—
existing legs, tested it in a clinical setting, and have enabled 8 other research groups to use it. For
some of these groups, this is their first time using a bionic leg; for others, they are replacing their
previous bionic legs with the OSL. The second contribution was developing the tools to rigorously
characterize open-loop control impedance control systems, along with evaluating the efficiency of
multiple bionic systems across power regimes; we also show how to achieve accurate impedance
control without the need for a torque feedback signal. Finally, we developed and executed the first
set of studies investigating perception of lower-limb impedance, with respect to external devices
such as exoskeletons. In addition to deepening our understanding of the role of impedance in the
human body, this work provides guidance on how to develop impedance-based assistance or haptic
feedback with bionic systems.
6.2 Next Steps for the Open-source Leg
In its current state, the OSL provides clinically meaningful performance for individuals with am-
putation; to improve its capabilities as a research device, where more precise output dynamics
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may be needed, a number of studies should be performed. First, as an extension of Chapter 4,
the open-loop controller should be characterized; this will require a separate system, similar to the
Neurobionics Rotary Dynamometer, to apply perturbations to the knee and ankle joints. Second,
the dynamics of the belt drive under different tension levels, independent of control system, should
also be characterized; this can likely be accomplished using perturbation-based methods similar to
the impedance characterization. Characterizing the belt drives will enable better modeling of the
transmission dynamics, which could improve open-loop impedance control further. Finally, the
SEA on the knee should be integrated with the control system to enable closed-loop impedance
and torque control.
Once the OSL’s impedance controller has been fully developed, the OSL can be used as a test-
bench for new biologically-inspired control strategies. Our group, along with others, quantified
the impedance of the human ankle during walking, providing biological stiffness and damping
profiles that can be used in a control system [84, 134, 143]. To understand the potential benefits
of impedance control, particularly with respect to external perturbations (e.g., uneven terrain),
we recommend an experiment that rigorously compares the performance of biologically-inspired
position, torque, and impedance controllers on biomechanics, metabolic cost, and user satisfaction.
As previously mentioned, many research groups are developing high-performing mid-level
control strategies, but they have never been directly compared. The OSL provides an opportunity
to begin these comparisons. The first three external labs to use the OSL—the Center for Bionic
Medicine (clinically-based control), Locomotor Control Systems Lab (phase-based control), and
the Hartmut Geyer Lab (neuromuscular model control)—have developed promising control strate-
gies in the past [45, 51, 87]. These controllers should be tested and compared directly in a study
investigating their performance across ambulation modes, both in structured (ambulation circuit
or treadmill) and unstructured settings. Performing direct comparisons on vastly different con-
trol strategies will allow us to determine the strengths and weakness of each approach, eventually
leading to better strategies overall. On a similar note, once research labs begin to publish results
with the OSL, I recommend completing a review that synthesizes all the different approaches and
100
results, and makes new recommendations for control strategies.
6.3 Next Steps for Bionics
While developing the OSL, we observed a lack of rigorous characterization and incomplete spec-
ifications reported when designing bionic systems, with the exception of a few research groups
[49,50,56,61]. Lack of transparency, and perhaps lack of characterization, makes comparing con-
trols results across different systems even more challenging. We recommend designers of bionic
legs and exoskeletons characterize and clearly state—at a minimum—the specifications shown in
Table 6.1.
As seen in the OSL and other recently developed bionic systems, high-torque motors with low
transmission ratios provide many benefits over low-torque motors with high transmission ratios
[49, 50, 141, 142]. We recommend using ER-BLDC motors because, in addition to being more
compact, efficient (electrical power loss and temperature), and easier to backdrive, these systems
are more straightforward for implementing open-loop control strategies; however, because these
motors are relatively new, they require even more characterization than the more established motors
used historically (e.g., maxon motors).
Bionics research has focused on design and controls research, but rigorous user-focused re-
search is needed as well; in fact, gaining a better understanding of the user’s perspective may
Table 6.1: Minimum specifications to report for bionic systems.
Physical Performance
Mass Peak torqueb
Build height Peak speed
Range of motion Position bandwidthc
Transmission ratio Closed-loop torque bandwidtha,c
Series stiffnessa Open-loop torque controla
Parallel stiffnessa Open-loop impedance controla
a If applicable
b Continuous and instantaneous
c Including the corresponding magnitude
101
provide the most practical impact in the future. The damping perception study presented here
provides a foundation for understanding how users interact with exoskeletons, but there are still
many unanswered questions. For example, how well can users perceive change in stiffness and
damping at each joint while walking? While going up and down stairs or ramps? How does
this change with a rigid (higher stiffness) or soft (lower stiffness) interface? Can an exoskele-
ton change its impedance-based assistance over time as the user’s needs change, without the user
noticing? Understanding the relationship between control and the user experience will be critical
for both short- and long-term satisfaction with exoskeletons.
102
Appendix A
Open-source Leg: Mechanical Drawings
The drawings in this appendix correspond to the initial release of the OSL, which was used in
































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































This appendix contains highlights of the OSL, including: assembly, testing with an able-bodied
adapter, and testing with patients—both in the Neurobionics Lab and the Shirley Ryan AbilityLab
(courtesy of the Center for Bionic Medicine).
166
Figure B.1: Assembling the OSL.
167
Figure B.2: Walking with the OSL using an able-bodied adapter.
168
Figure B.3: Setting up the OSL with the Neurobionics Lab’s first patient.
169
Figure B.4: Neurobionics Lab’s first patient walking with the OSL.
170
Figure B.5: Progressing through the gait cycle with the OSL.
171
Figure B.6: Walking up stairs with the OSL at the Shirley Ryan AbilityLab.
172
Appendix C
A Tale of Four Cities
My Ph.D. journey started in 2015, in the Neurobionics Lab and the Center for Bionic Medicine at
Northwestern University (Chicago, IL). In 2017, we moved the Neurobionics Lab to the University
of Michigan (Ann Arbor, MI) and in 2019, I began a residency program at X (Mountain View, CA).
In 2020, due to the COVID-19 pandemic, I returned home (Houston, TX) to finish out my Ph.D. I
am grateful for all the incredible friends, coworkers, and mentors I have had over the last 5 years,
all around the country.
173
Figure C.1: Center for Bionic Medicine, 2017.
Figure C.2: Neurobionics Lab, 2019.
174
Figure C.3: X Team, 2020.
Figure C.4: Azocar Lab, 2020.
175
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